Volume 2 



Proceedings of the 2011 Annual Conference on 
Experimental and Applied Mechanics 




^ Springer 



Conference Proceedings of the Society for Experimental Mechanics Series 



For other titles published in this series, go to 
www.springer.com/series/8922 



Tom Proulx 

Editor 



Mechanics of Biological Systems 
and Materials, Volume 2 



Proceedings of the 201 1 Annual Conference on Experimental 
and Applied Mechanics 



^ Spri 



ringer 



Editor 

Tom Proulx 

Society for Experimental Mechanics, Inc. 

7 School Street 

Bethel, CT 06801-1405 

USA 

tom(5)seml.com 



ISSN 2191-5644 e-ISSN 2191-5652 

ISBN 978-1-4614-0218-3 e-ISBN 978-1-4614-0219-0 

DOI 10.1007/978-1-4614-0219-0 

Springer New York Dordrecht Heidelberg London 

Library of Congress Control Number: 201 192951 1 

© The Society for Experimental Mechanics, Inc. 201 1 

All rights reserved. This work may not be translated or copied in whole or in part without the written permission of the publisher (Springer Science+Business 

Media, LLC, 233 Spring Street, New York, NY 10013, USA), except for brief excerpts in connection with reviews or scholarly analysis. Use in connection 

with any form of information storage and retrieval, electronic adaptation, computer software, or by similar or dissimilar methodology now known or 

hereafter developed is forbidden. 

The use in this publication of trade names, trademarks, service marks, and similar terms, even if they are not identified as such, is not to be taken as an 

expression of opinion as to whether or not they are subject to proprietary rights. 

Printed on acid-free paper 

Springer is part of Springer Science+Business Media (www.springer.com) 



Preface 



Mechanics of Biological Systems and Materials — The 1^^ International Symposium on the Mechanics of 
Biological Systems and Materials— represents one of eight volumes of technical papers presented at the 
Society for Experimental Mechanics Annual Conference & Exposition on Experimental and Applied 
Mechanics, held at Uncasville, Connecticut, June 13-16, 2011. The full set of proceedings also includes 
volumes on Dynamic Behavior of Materials, Mechanics of Time-Dependent Materials and Processes in 
Conventional and Multifunctional Materials, MEMS and Nanotechnology; Optical Measurements, 
Modeling and. Metrology; Experimental and Applied Mechanics, Thermomechanics and Infra-Red 
Imaging, and Engineering Applications of Residual Stress. 

Each collection presents early findings from experimental and computational investigations on an 
important area within Experimental Mechanics. The 1st International Symposium on the Mechanics of 
Biological Systems and Materials was organized by: Bart Prorok, Auburn University; Francois 
Barthelat, McGill University; Chad Korach, State University of New York (SUNY) at Stony Brook; 
K. Jane Grande-Allen, Rice University; Elizabeth Lipke, Auburn University. 

This symposium was organized to providing a forum to foster the exchange of ideas and information 
among scientists and engineers involved in the research and analysis of how mechanical loads interact 
with the structure, properties and function of living organisms and their tissues. The scope includes 
experimental, imaging, numerical and mathematical techniques and tools spanning various length and 
time scales. Establishing this symposium at the Annual Meeting of the Society for Experimental 
Mechanics provides a venue where state-of-the-art experimental methods can be leveraged in the study 
of biomechanics. A major goal of the symposium is for participants to collaborate in the asking of 
fundamental questions and the development of new techniques to address bio-inspired problems in 
society, human health, and the natural world. 

The current volume on The 1st International Symposium on the Mechanics of Biological Systems and 
Materials includes studies on: 

Simulation and Modeling in Biomechanics 

Mechanics of Tissue Damage 

Cell Mechanics 

Mechanics of Cardiovascular Tissues 



VI 



Advanced Imaging Methods Applied to Biomechanics 

Mechanics of Hydro Gels and Soft Materials 

Mechanics of Hard Tissues 

Mechanics of Biocomposites 

Nanomechanics in Nature 

Indentation Methods for Biological and Soft Materials 

The Biological Systems and Materials TD w^ould like to thank the presenters, authors and session chairs 
for their participation. 

The opinions expressed herein are those of the individual authors and not necessarily those of the 
Society for Experimental Mechanics, Inc. 



Bethel, Connecticut Dr. Thomas Proulx 

Society for Experimental Mechanics, Inc 
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ABSTRACT 

Surgical repair and replacement of mitral valve for functional mitral regurgitation (MR) are often limited due to high 
operative mortality. Recently, a new non-surgical intervention, percutaneous transvenous mitral annuloplasty (PTMA), is 
being investigated as an endovascular alternative to invasive open-heart surgery. Excellent short-term results have been 
reported in animal and several human clinical trials, proving the device is feasible. However, device fracture was observed. It 
is postulated that PTMA device failure is associated with its design (e.g., material, structural geometry) and interactive 
coupling effects between the device and hosting tissues. In this study, we developed a computational model to investigate the 
impact of PTMA design on its performance and fatigue life by simulating the deployment of a variety of anchor stents into 
human coronary sinus (CS) vessel. Peak stresses, strains, interaction forces (shear, normal) of CS wall and stent, as well as 
device fatigue life and safety factor, were examined, offering insights for a better PTMA design. Results showed that a stiffer 
Nitinol stent induced high stresses on the vessel wall. Consequently, using a stiffer stent should be coupled with an 
alternation of stent geometry (e.g. strut thickness) in order to reduce vessel stress as well as radial structural stiffness. 



INTRODUCTION 

Surgical repair and replacement of mitral valve for functional mitral regurgitation (MR) are often limited due to high 
operative mortality [1,2]. Recently, a new non-surgical intervention, percutaneous transvenous mitral annuloplasty (PTMA), 
utilizing the trans-coronary sinus (CS) vein approach, is being investigated as an endovascular alternative to invasive open- 
heart surgery. A PTMA device, as illustrated in Fig. 1, is consisted of three parts - the proximal and distal anchors and the 
"spring-like" bridge elements. The anchors are made of self-expanding Nitinol material that is now frequently used for stent 
grafts [3]. The proximal and distal anchors are deployed into the CS ostium and the great cardiac vein (GCV), respectively. 
The bridge element is also a Nitinol material and intertwined with a biodegradable suture, which dissolves over a period of 1 
month. Once the suture completely absorbs, the bridge element will shorten and induce tension, drawing the proximal and 
distal anchors together, hence the septo-lateral mitral annulus distance can be reduced. 

The initial human clinical study of the first generation of PTMA device was reported by Webb et al [4]. Four of the 
five patients received the implants successftilly, and an acute reduction in MR (35 ± 1 mm vs. 36 ± 3 mm at baseline) was 
observed in three out of these four patients. However, a reduction in contraction force of the device following bridge 
separation occurred in all three patients several weeks implantation, leading to the recurrence of MR. Currently, another 
study of 72 patients reported results of a second generation PTMA device with a reduction in MR by> 1 grade in 50% of 22 
implanted patients and 85.7% of 7 severe MR patients [5]. The device was modified with a non-biodegradable suture to 
reinforce the bridge element. No bridge separation but fractures in the proximal anchor in 4 cases were observed. We 
postulate that the device fracture is associated with the design (e.g., material and structural geometry) and the interactive 
coupling effects between the device and the hosting tissues. Numerous computational studies of stent (both self-expandable 
and balloon expansion) deployment into the arterial vessels, including stenotic coronary arteries [6, 7], carotid arteries [8, 9], 
iliac arteries [10, 11], and other arteries [12-14], have shown that stent induces mechanical stress on the vessel wall [7, 14] 
and reversely undergoes stress itself during the pulsatile constriction of the vessel resulted from the cardiac cycle [15]. 



T. Proulx (ed.), Mechanics of Biological Systems and Materials, Volume 2, Conference Proceedings of the Society 

for Experimental Mechanics Series 9999, DOI 10.1007/978-1-4614-0219-01, © The Society for Experimental Mechanics, Inc. 201 1 



Therefore, it is necessary to be able to predict the behavior (e.g. reaction forces and changes in the mechanical factors such as 
stress and strain fields) of both the device and the host tissue prior to the procedure, to minimize the negative outcomes and 
reduce the procedural cost. 

Currently, biomechanics involved in the PMTA procedure has not been well studied. In our previous work [16, 17], 
we have studied the deployment of proximal anchor of the PTMA device using computational models to predict the 
interaction between the human/porcine derived material CS vessel models and the stent. We observed that stiffer stent 
material tends to have a better safety factor when deployed in a relatively softer tissue (porcine). Although human tissue 
offered an adequate radial forces, another concern arises that is high stresses on the vessel wall may induce a vascular injury. 

In this study, we attempted to alter the stent design to reduce radial interactive forces. The approach includes 
maintain the same material properties of the stent and varying the design parameters, e.g. the strut thickness. Two stents 
models with different strut thickness values were developed. The results from these models include peak stresses and strains, 
interaction forces (shear and normal) of the CS wall and the stent, as well as the device fatigue life and safety factor were 
compared to the original design, and differences between these design can provide insights into the stent designs that may 
help to reduce future device failure in the PTMA intervention. 



Distal anchor 

GCV 

CS ostium 




Proximal anctior 
Bridge section 

Myocardium 



Figure 1 Illustration of a Monarch^M PTMA being deployed into the CS vessel, which is adjacent to the posterior 
mitral annulus. ANT - anterior mitral leaflet. PML - posterior mitral leaflet. GCV - great cardiac vein. 

METHODS/MATERIALS 

Stent models. Typical mechanical properties of superelastic Nitinol material are illustrated in Fig. 2a, and the 
material parameters used in this study are listed in Table 1. Three stent designs were developed, 1) the original design with a 
stent strut thickness of 0.30 mm, 2) modified stents with a thickness of 0.23 mm and 3) thickness of 0.18 mm, denoted as. 
Original, Modi and Mod2, respectively. Fig. 3 illustrates the stent in the undeformed and deformed configurations. Details of 
design parameters of these stent models are listed in Table 2. The original PTMA device is composed of two and twelve strut 
cells in the axial and circumferential directions, respectively. 
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Figure 2 a) A stress-strain curve for Nitinol material, and b) a mean human CS stress-stretch response from inflation 

experiment fitted with the Ogden model 



Table 1 The material parameters of the CS vessels and stents 
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Details of the proximal anchor design in 2D drawings and 3D crimped geometry were reported previously [18]. All 
stents are consisted of brick elements (ABAQUS element type C3D8R, the 8 -node linear brick, reduced integration with 
hourglass control element). One end of the anchor is attached to the bridge-to-anchor connector, see Fig. 3. Two unit cells are 
joined together by a strut bridge, and two adjacent cells share a strut bar. Other FE models for the simulation system include 
the expanding and crimping sleeves. The expanding sleeve was used in the expansion-annealing process and the crimping 
sleeve acted as a restraining sheath which is removed to release the stent into contact with the CS wall. Both the expanding 
and crimping sleeves are consisted of 2,231 4-node quadrilateral membrane elements. 

Characterization of tissue model. The CS material parameters were obtained from fitting the experimental pressure- 
inflation data collected from four cadaver CS vessels to the nonlinear hyperelastic Ogden model [19]. Briefly, the CS vessels 
were subjected to the pressure inflation test while they were intact (i.e. CS was not dissected out from its surrounding 
myocardium) and submerged in the small tank of phosphate buffered saline (PBS) solution at room temperature. After 10 
preconditioning cycles, vessels were incrementally dilated up to 80 mmHg of pressure, the dilated CS diameters were 
measured to obtain the CS pressure-radius curve. The hoop/axial stress-stretch relation were calculated [20]. We chose the 
Ogden constitutive model [2 1 ] to characterize the mean experimental data. 



i=1 ^i 



(1) 



where |ii and ai are material constants and li are the principal stretches. The goodness of the fit was determined using the R- 
square value based on the Levenberg-Marquardt nonlinear regression algorithm using SYSTAT 10 (Systat Software Inc., 
Chicago, IL). The Ogden model curve fitting results are illustrated in Fig. 3, with the parameters listed in Table 2 below. 

For simplicity the geometry of the CS, at the section that is in contact with the proximal anchor stent, is assumed to 
be a cylindrical tube with an ID of 12 mm and a thickness of 0.74 mm for the CS vessel. A total of 43,200 brick elements 
were used to model the CS. 
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Figure 3 Stent designs in the undeformed (top) and deformed configurations: top - undeformed original, bottom - deformed 
original and Modi after released to come in contact with the vessel wall 



Table 2 Values of undeformed design parameters of different stents 





No. of strut 
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Thickness 


Circ. 
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No. of elements 


Original 
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2 
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Modi 
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0.23 
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Mod2 


26 


0.18 


12 


2 


68,532 



Finite Element (FE) modeling of stent expansion and crimping. Prior to the deployment, each stent model 
underwent the expansion and annealing process to reach a targeted 15.50 mm ID. This is achieved by applying a series of 
displacement-controlled expansion of the sleeve, allowing it to contact and expand radially the inner surface of the stent. 
Afterwards, stents were crimped to a final ID of 1 1.98 mm, which is slightly less than the CS's ID of 12 mm. Crimping was 
performed by radially displaced the crimping sleeve inward. 

PTMA implantation FE modeling. The PTMA procedure consists of a series of steps including stent crimping, stent 
release, interaction with the vessel wall, contraction of the bridge element, and displacement of the mitral annulus. This 
study focuses on the tissue-stent interaction (TSI). The simulation is divided into a three-step loading procedure: 

Step 1 - Release of the stent anchor. The initial contact between the stent and the CS wall is accomplished by 
removing the crimping sleeve to release the proximal anchor into contact with the CS inner wall. 

Step 2 - Contraction force at the connector end of the anchor. An axial load with a magnitude of 2.45 N in the 
axial direction is applied to the connector elements to simulate the pulling force generated by the contraction of the bridge 
section. 

Step 3 - Simulation of the pressure in the vessel wall. The incremental pressure, from to 10 mmHg, is imposed 
directly on the luminal surface of the CS wall to mimic internal blood pressure. 

The coefficient of friction between the CS inner wall and the stent for the Step-1 and -2 is 0.1. For Step-3, the 
contact definition is set as a rough surface (no slipping) condition (an ABAQUS option: ROUGH) to imitate the condition 



that is equivalent to tissue in-growth over time resulting in the attachment between the stent and the CS wall. The analysis 
was run with ABAQUS/Explicit release 6.9 on a Linux cluster using typically 12 2. 8 GHz CPUs. 

FE analysis of the tissue-stent interaction (TSI). Each step in the TSI simulation after crimping was analyzed, and 
the following output variables were obtained: 

1) Stress and strain. Distribution of von Mises stress and maximum values were investigated, which can provide 
insight into the potential injury induced by stents on the vessel wall. Stent strain measurements were analyzed with the 
maximum tensile strains (SDV24). Stent strain is zero at the initial un-crimped configuration and is at the maximum after 
crimping. When release to the vessel, stent will undergo unloading deformation or expanding to its pre-set shape or 
approaching its zero strain. The maximum principal strains (LE) were used for the CS wall strains. 

2) Contact forces. Contact forces between the outer stent and inner CS wall were measured. This is an important 
measure because elevated contact forces in the vicinity of stent struts may lead to injury of the CS wall, which may increase 
neo-intimal hyperplasia formation, or ultimately causes tears of the posterior CS wall. Conversely, insufficient radial contact 
forces will prevent proper device anchoring; hence the stent may migrate and lost its annulus cinching function. The contact 
forces have normal and shear components, denoted by CNF and CSF, respectively, and are expressed as: 



CNF = Y^NF„^^^,„ 

n=\ 

CSF = Y^SF„ 



post 

«=i (2) 

where ric is the total number of nodes of the stent cell that are in contact with the CS inner wall, and NFf^post and SFf^post are the 
normal contact force and shear contact forces, respectively, at each node after deployment. 

3) Stent fatigue analysis and safety factor [22]. Quantitative studies of metal fatigue often make use of the well- 
established Goodman-Haigh diagram [23], which is recommended by the FDA for stent fatigue analysis [24]. In Goodman 
diagrams, a pair of the mean stress or strain and its amplitude (or half-amplitude) at a particular point is plotted and 
compared with constant life curves [24] for that particular material. The mean tensile strain, Smean, and the half-amplitude 
oscillating strain. As, at a given node are calculated by: 



^mean T^max ^min ) ' "^ 



(3) 



where s^ax and Smin are the maximal and minimal strains, upon the application of 1 mmHg at a node on the PTMA stent after 
deployment. For a Nitinol material, the constant life curves from Pelton et al 2008 [15, 25, 26] were used. Using the 0.4% 
strain amplitude delineated by the constant life line [15], the stent fatigue safety factor can be predicted using the equation: 
safety factor = 0.4%/half-amplitude strain. 

RESULTS 

Stress and strain analysis. It can be seen in Fig. 4 that the stent strut was twisted after expansion and annealing. 
The stent outer surface is not smooth. Thus, it is necessary to perform the expansion and annealing procedure to obtain 
accurate per-deployment stent geometries. Table 3 lists all the maximum Von mises stresses and strains of the vessel wall, as 
well as three stent models. Both Modi and Mod2 stents are softer than the original stent model, resulted in higher maximum 
strains on the stent after releasing the stents. Stresses on the stent increased as strains increased. 



strut bridge 




Fig. 4 The illustration of a twisted stmt after expansion 



Table 3 Maximum von Mises stresses and strains of CS wall and stent models 
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After releasing the stent, stresses induced by the stents on the CS wall were similar. However, stresses on the CS 
wall were lowest when interacted with the Mod2 stent compared to the other two stents. Fig. 5 illustrates the stress 
distribution on the CS wall induced by each stent. By reducing the strut thickness, stresses were lower at the region of contact 
in both Modi and Mod2 stents. 




Figure 5 - Stress distributions on CS walls induced by the three stent models in 3 steps. 



Normal and shear forces. Because stiffer stent generated a higher normal force, Modi and Mod2 stents exerted 
less forces compared to the original stent, as shown in Fig. 6a. There is a slight difference in forces between the stent models 
in steps 1 and 2 but no difference was observed in step 3. No device slippage was observed in step 2. Shear forces, illustrated 
in Fig. 6b, increased in step 3 demonstrating the tissue in-growth over time. 
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Fig. 6 a) Normal and b) shear forces of the original, Modi and Mod2 stents in 3-step TSI simulation 



Stent fatigue analysis. The strain amplitude of the original model is 8.43E-2% and the safety factor is 4.75. 
Decreasing in strain amplitudes of Modi and Mod2 (6.61E-2% and 6.68E-2%) resulted in higher safety factors of 6.05 and 
5.98, respectively. Changing stent thickness does not reduce the fatigue life of the stent in the PTMA intervention. As shown 
in Fig. 7, strain points on the Goodman diagram of Modi and Mod2 are similar to the strain points of the original design, and 
all are condensed and below 0.1% strain amplitude and 1% mean strain. 
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Figure 7 - Goodman diagrams of the stent models. 



DISCUSSION/CONCLUSION 

The evaluation of PTMA device performance was performed based on two criteria: 1) inducing a minimal vessel 
injury and 2) enabling stent mechanical function (i.e., anchoring and fatigue life). The mechanical stress on the vessel wall 



induced by the stent strut cells often provokes vascular wall injury that stimulates the intimal hyperplasia [27]. Therefore, to 
minimize the vessel wall stress, the structural compliance of the stent needs to be low to meet the compliance of the vessel 
wall. In the meantime, the stent itself also needs to have enough structural strength to withstand the cyclic mechanical 
changes induced by cardiac pulsatile pressures, and have enough radial force for its anchoring mechanism. This 
computational study indicated that PTMA device performance can be improved by altering the stent thickness. By reducing 
the stent thickness at a particular value, stress on the vessel wall can be reduced without compromising the stent anchoring 
forces and fatigue life. These numerical results need to be further validated by a future experimental study. 
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ABSTRACT 

The role of mechanics is known to be of primary order in many arterial diseases; however determining mechanical properties 
of arteries remains a challenge. This paper discusses the identifiability of a Holzapfel-type material model for a mouse 
carotid artery, using an inverse method based on a finite element model and 3D digital image correlation measurements of 
the surface strain during an inflation/extension test. Layer-specific mean fiber angles are successfully determined using a five 
parameter constitutive model, demonstrating good robustness of the identification procedure. Importantly, we show that a 
model based on a single thick layer is unable to render the biaxial mechanical response of the artery tested here. On the 
contrary, difficulties related to the identification of a seven parameter constitutive model are evidenced; such a model leads 
to multiple solutions. Nevertheless, it is shown that an additional mechanical test, different in nature with the previous one, 
solves this problem. 

1. Introduction 

Identification of mechanical and structural properties of the arteries is a major topic in cardiovascular research. Many arterial 
disorders involve significant changes in vascular mechanical properties. Not only do the structure and mechanical response 
of arteries vary according to many factors such as the location in the vasculature and age, but also their properties may alter 
under various physiological conditions and during the development of diseases [1,2]. Accurate mechanical identification of 
the arteries can therefore provide helpful information for clinical diagnoses and treatments. To improve the contribution of 
solid mechanics, a lot of effort has been undertaken to develop constitutive models of the arterial wall as well as 
experimental and numerical methods to identify these models. 
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Several constitutive models intended to describe the mechanical response of arterial tissues at finite strains have been 
developed, see [3] for an extensive review of these models. Most of anisotropic non-linear models considering the passive 
response of arteries are hyperelastic. Fung [1] first introduced a phenomenological exponential strain energy function. More 
recently, structurally-motivated models including fiber reinforcements have been developed. Bischoff [4] suggested 
representing the nonlinear orthotropic material response of the arterial wall, with a homogeneous orthotropic model. This 
model has proven adequate to capture the nonlinear orthotropic response of vascular tissues although the physical meaning of 
its parameters is not clear [5]. Holzapfel [6] introduced a two-fiber family model to account for the helically-oriented 
distribution of collagen fibers within the arterial wall. To ideally describe the arterial wall from the mechanical point of view, 
two separate layers of this material are required for medial and adventitial layers. 

Originally, Holzapfel [6] grounded the choice of two symmetrically- and helically-oriented fiber families per layer on 
histological observations. Since the compositions of medial and adventitial layers (elastin, collagen and cell contents) are 
different [2], two separate layers must be distinguished. Note also that some authors introduced the active response of the 
arterial wall due to smooth muscle activity [7], which is not the concern of this paper. 

Correct identification of the parameters of the constitutive model is a key issue in considering the reliability of interpretation 
for medical purposes or subsequent utilization in numerical models, for instance. The process of identification requires 
experimental data obtained from mechanical testing. Most of the previous biomechanical studies on mouse carotid arteries 
have been conducted using global or average data such as pressure-diameter and/or force-length measurements [8,9]. In 
addition, the identification of layer-specific parameters of the Holzapfel model has been performed, at this time, only from 
dissected layers on large arteries [10]. The data which are used in this study are collected with a 3D-DIC stereo-microscopy 
system on a mouse carotid artery, which is, to our knowledge, unique at this time. See [11] for a description of this previous 
experimental work. 

From experimental data, the identification of constitutive models relies, most of the time, on inverse approaches because 
establishing response curves from the model may involve complex non-linear relations between the parameters. Classical 
inverse approaches are based on updating methods [5, 7, 10, 12] using optimization algorithms such as the Levenberg- 
Marquardt algorithm to find the best-fit parameters in a least-square sense with respect to a given cost function. In these 
approaches, previous authors have most often used analytical developments to derive their modeled data from the given 
constitutive equations, which presupposed multiple assumptions. Among these, note the widely-accepted assumption of 
axisymmetry and that of a single homogeneous layer. The latter may be relevant when experimental data is global or 
averaged over the arterial wall, though two separate layers would be closer to reality and would emphasize the distinction 
between the layer properties. In addition, for the study of mouse carotid arteries, Gleason [12] performed analytical 
developments within the frame of thin-tube elasticity theory. This may be a strong assumption in cases of thick arteries like 
mouse carotid arteries where the ratio of thickness to inner radius was reported to be about 0.6 [8, 12]. 

Finite element (FE) simulations have rarely been used to recover those modeled data and perform inverse identification. Yet, 
this kind of approach allows using experimental tests capable of providing richer or otherwise unavailable data and modeling 
complex problems. Regarding non-linear anisotropic vascular properties, the study of Ning [5] was focused on stress and 
strain distributions within the arterial wall and how they are influenced by axial pre-stretch. Using the same data as the 
present study, they identified the parameters of the constitutive model of Bischoff [4], thereby not considering heterogeneity 
between media and adventitia, which would likely affect these distributions. From our point of view, the advantage of using 
flnite element based identiflcation approaches is to model complex mechanical tests and/or complex structures (see, for 
instance, [13]), like a thick multi-layer artery presented in this paper. 

The question of whether an identification method is relevant with respect to the problem to be treated is seldom addressed. 
Introducing multiple assumptions and parameters may lead to improper identification or multiple solutions. The objective of 
the present paper is to address the feasibility of the simultaneous inverse identification of mean fiber angles in both medial 
and adventitial layers using DIC surface strain measurements. 

2. Methods 

2.1. Experimental considerations 

The experimental data referenced to in this study were described in deep details in [12] where three-dimensional digital 
image correlation (3D-DIC) is used to obtain full-field surface strain measurements on mouse carotid arteries at the micro- 
scale during an inflation/extension test (Fig. 1). The mechanical test performed here allows both pressurization loading and 



13 



extension loading at the same time (see the schematic principle of the setup in Fig. 1). This test is relevant as it provides 
biaxial loading conditions close to physiological conditions. 



To briefly describe the experimental setup, both ends of a 
freshly-dissected carotid artery are cannulated with Luer 
stubs. For image processing and local deformation 
measurements, a high contrast speckle pattern is 
incorporated into the vessel structure thanks to ethidium 
bromide nuclear staining. The experiments are performed 
with one end of the artery attached to the pressure controller 
and pressure source, while the other capped end is free in the 
axial direction, thereby allowing axial translation. The artery 
is pressurized from 5 to 150 mmHg in steps of 9 mmHg with 
a flow rate of 0.2 ml/min and an average pressurization rate 
of 1.8 mmHg/s. After each pressurization step, synchronized 
images are acquired from two cameras and analyzed using 
existing commercial software, VIC-3D. 

The region of interest being small (about 200 by 140 |Lim^), 
due to the depth of fleld of the system, and displaying very 
little heterogeneity, only the strains averaged over this 
region are considered in the analysis. Note that usual 2D- 
DIC is not suitable for this problem due to the non planar 
nature of the specimen and possible out-of-plane 
deformation. More details about the experimental setup and 
procedure can be found in (Sutton et. al. 2008). 
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Figure 1. Schematic of the inflation/extension test of the 
mouse carotid artery showing one flxed end (on the left) 
linked to the pressure controller and one end (on the right) 
free to translate axially. Dashed lines represent the schematic 
shape of the deformed segment. 



2.2. Numerical and constitutive model 

The development of the FE model of the inflation/extension test in Abaqus® is based on the experimental considerations and 
measurements described in Sutton et al. (2008). The geometry of the artery is assumed to be perfectly cylindrical with one 
end of the artery being capped. Due to axial symmetry, only one quarter of the geometry is meshed with 4280 8-node brick 
elements resulting in 22070 degrees of freedom. The element type chosen here, called C3D8RH in Abaqus® (hybrid 
formulation with constant pressure), is recommended for nearly incompressible constitutive models. 

The open end of the cylinder is blocked in the axial direction whereas symmetry boundary conditions are applied on the 
surfaces of the quarter cylinder. Pressure is applied onto the inner surface of the artery, with values ranging up to 140 mmHg. 

The constitutive model used in this study is implemented in Abaqus® and based on the developments of Holzapfel [6]. This 
hyperelastic incompressible model was developed to describe the passive mechanical response of arterial tissues at flnite 
strains. The material considered is a collagen-flber-reinforced material with two flber directions being symmetrically 
arranged with respect to the axis of the artery. This theoretical basis provides a strong physical meaning to the constitutive 
parameters involved in the model. The simplest form of its isochoric strain energy function consists of two terms (note that 
incompressibility of the tissue is a well-known characteristic). The flrst term represents the isotropic response of the medium, 
related to the ground substance and elastin content, and the other two terms represent the response of the collagenous flber 
network, each flber direction having its own contribution: 



V = f (/.-3)+-^[exp(^^(/,-ir)-l]+-^[exp(^^(/,-ir)-l] 



(1) 



where C is the parameter of the isotropic neo-Hookean term, ki and k2 are the parameters for the exponential response of the 
collagen flber networks. The structural anisotropy induced by the flber network arises from both I 4 and /^. These terms are 
pseudo-invariants of the right Cauchy Green tensor g and the flber directions fi and f2. Therefore they are driven by y5, the 
mean flber angle, in the medium, with respect to the circumferential direction. I4 and /^ give the squares of stretch for the two 
flber families. 
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Due to histological differences between media and adventitia, two separate strain energy functions are assigned to each of 
these mechanically-relevant layers of an artery, the contribution of the intima being commonly considered negligible. Thus, 
two sets of parameters are to be identified for each layer, yielding eight material parameters. In this study, two variants of this 
model are considered: a simplified five parameter model and a seven parameter model. The simplified five parameter model 
includes the assumption that media and adventitia have identical exponential parameters. In addition, it is assumed that the 
value of C is the same in both layers. Hence, it features the following five parameters: C for the Neo-Hookean isotropic term 
(elastin and ground substance), two parameters kj and k2 for the exponential response of collagen fibers, and two parameters 
y^'^'^^'^ andy^^^'"^'''" for the fiber angles in media and adventitia. 

However, a full two-layer Holzapfel-type model considers that the exponential terms used in medial and adventitial layers are 
different [6], necessitating two additional parameters. Therefore, the seven parameter model releases the constraint on 
exponential parameters, making them different in each arterial layer. 

2.3. Identification procedure 

Given a set of experimental pressure and surface strain measurements, the principle of the present identification method is to 
minimize the following cost function: 



•^& = ^ i:{K:ip,)-E7ip,)fAE7ip,)-E7ip,)f 



(2) 



where j is the vector of parameters to be identified (ie. the constitutive parameters), Pi is the pressure applied during the 
inflation test, with index / ranging over the available experimental data points., Ejj and E22 are Green Lagrange 
circumferential and axial strain components on the surface of the artery, superscripts 'sim' and 'exp' standing respectively 
for the simulated and experimental data. In this study, synthetic data generated by a FE calculation are also used in order to 
avoid noise issues when identifying the seven parameter model. 

This cost function is minimized using an in-house Levenberg-Marquardt algorithm with bounds handling. 

To asses the robustness of the identification method, multiple identification runs with random starting points are performed in 
order to compare the obtained results. However in the case of the seven parameter model, since noise in data is a major 
source of identification errors, especially when identifying a lot of parameters, we choose to use noise-free data which are 
obtained by finite element simulation with an arbitrary set of parameters. Here the set of parameters obtained with the first 
identification run is used. 

3. Results 

Using the five parameter model, convergence of the optimization algorithm is obtained after 46 iterations. We report in Table 
1 the results of this first identification run. The pressure/strain curves are shown in Fig. 2. To further test the identification 
method, a second set of experimental data obtained by performing a second identical test with the same arterial segment is 
also used, the aim being to compare the results. We also report in Table 1 the results of this identification run (curves are not 
shown here). Note that they are very close to those obtained with the first set of data. In the following developments, only the 
first set of data is used. 

In addition to these results, the robustness of the identification method is assessed with the method mentioned in section 2.3. 
The range of spanned starting points is chosen according to values found in the literature for this type of artery [12]. The 
range of the obtained results is reported in Table 1 . Note that C shows quite a large standard deviation because these multiple 
runs showed that there exist two close minima in the space of parameters, the influence on the response being negligible. 
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Regarding the seven parameter model, synthetic noise-free data 
are generated using the first parameter set identified with the 
algorithm, referred to as the "true" set. Again, to evaluate the 
reliability of identifying this constitutive model, we try to identify 
its seven constitutive parameters using multiple identification 
random starting points. The results obtained through these tests 
are presented in Table 1. They raise several noteworthy 
comments. 

The first comment to be made is that all of the runs lead to a very 
low value of the cost function J, which means that the algorithm is 
practically always able to find a solution. However, only 20% 
runs lead to the true set of parameters and the dispersion among 
the other results is very large. 
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Figure 2. Pressure/strain curves obtained with the five 
parameter constitutive model. 



Table 1. Results of parameter identification for each model and each type of procedure (single run or multiple random 
starting points run). 



- 


C (kPa) 


1 media 

(kPa) 


1 adventitia 

(kPa) 


(kPa) 


1 adventitia 

'(kPa) 


nmedia /o\ 


n adventitia /o\ 


Parameter bounds 


[0.3;50] 


[0.5;100] 


[0.5;100] 


[0.1; 100] 


[0.1; 100] 


[5;60] 


[5;60] 


- 


Five parameter identification 


Results with the first data set 


0.5 


33 


12.8 


46.4 


27.2 


Results with the second data set 


0.86 


31.3 


14 


43.3 


27.3 


Results with random starting points 
(mean±SD).J~1.10' 


0.45±0.37 


30.5±1.07 


15.4±0.51 


46.7±0.2 


26.8±0.17 


- 


Seven parameter identification 


True solution 


8.8 


13.9 


11.8 


21.6 


0.242 


41.9 


5.14 


Results with random starting points 
(mean±SD).J<1.10-^ 


8.8±3 


12.8±7.9 


19.6±10 


29±21.7 


18.7±16 


41.3±18 


13.3±13 


- 


Seven parameter identification with enriched cost function 


Solution #1 

Occurrence 85.7% and J< 1.10^^ 


8.8 


13.7 


12.3 


21.8 


5.4 


5.4 


8 


Solution #2 

Occurrence 14.3% and J< 1.10"^ 


8.8 


8.11 


14.2 


0.1 


64.7 


5 


38.9 



4. 



Discussion / conclusion 



4.1. Five -parameter two-layer model 



In this study, firstly, two separate thick layers are considered, with the further assumption that the material parameters in the 
exponential terms related to the response of fiber bundles are identical in each layer. This assumption seems to be reasonable 
as long as only the passive mechanical behavior is considered. The reason for this is that the passive mechanical response is 
mainly driven by elastin and collagen fibers. The response of elastin, as well as that of the ground substance, is included in 
the neo-Hookean term of the strain energy function. On the other hand, the response of collagen fibers is included in the 
exponential terms. Whether they are in media or adventitia, it is assumed in this model that collagen fibers of the arterial wall 
have the same behavior. 
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This parameterization of the constitutive model has been shown to be correctly identified. With any initial values, the method 
provides a single set of parameters leading to a good agreement with the axial and circumferential experimental data, which 
proves that the model is well parameterized with respect to the available data and that the method is robust. These results 
confirm that identifying layer-specific fiber angles, based on the constitutive model of Holzapfel, is possible for such arteries 
using data from only one experimental test of infiation with free axial movement. 

In our results, the mean fiber angle in the media is close to 45° while fibers are, in average, more circumferentially oriented 
in the adventitia. This means that the adventitia is found to be circumferentially stiffer than the media. Though it cannot be 
generalized based on a single example, this result brings some knowledge about the mechanical behavior of these arteries at 
the layer-scale. The relationship with the actual microstructure remains, however, a pending question [14]. From a global 
point of view the overall anisotropy of the artery, with the circumferential direction being stiffer, is typical for arteries in 
general, and is in qualitative agreement with previous studies [11, 12, 14]. 

4.2. Seven-parameter model 

In contrast with the five parameter model, the fiill two-layer Holzapfel-type model has failed in providing a unique solution 
to the problem of identification. Our results (see Table 1) show the typical trend of an over-parameterized problem. They 
confirm that identifying such a model on these experimental data is very easy because the algorithm is always able to capture 
the experimental data with a close fit. Unfortunately, robustness is very poor because seven families of different possible 
solutions are obtained. Yet, this issue is not unexpected because the problem of inflating a tube made up of two fiber- 
reinforced layers potentially presents two solutions: one solution with a large fiber angle for the inner layer and small angle 
for the outer layer, and vice versa. Both solutions are possible as long as their constitutive properties can be different to 
compensate 3D through-thickness effects. Interestingly, our results clearly show these two alternatives, with a noticeable 
preference for large media angle and low adventitia angle (80% solutions). Note, also, that the mechanism of compensation is 
clearly illustrated by the ratio of ki parameters between media and adventitia, which is inversed in these two situations. 

To correctly identify the parameters for this model, more abundant and/or relevant experimental data are required. In order to 
confirm this hypothesis, additional synthetic data are generated by simulating a simple axial tension test on the arterial 
segment, without any pressurization, recording axial force versus axial stretch. Accordingly, the cost function (see Eq. 2) is 
enriched with these data: 



A'x)=\ lL{E7{p.)-E':{p))\{E':{p^-E':{p))\Y^{F-{xyF-'{x))' 



(3) 



where Xi is the axial stretch applied during the tension test, with index / ranging over the available experimental (synthetic) 
data points, i^"^ and i^^^ are simulated and experimental (synthetic) axial force. Values are scaled so that both sum terms in J 
are of the same order of magnitude. 

Using this updated cost function, the same multiple identification runs are performed again. Instead of obtaining seven 
different families of solutions, the algorithm provides only two (see Table 1). Among these two solutions, the first one, 
obtained only 14.3% times, reaches two boundaries of the allowed range for the parameters. This solution must obviously be 
rejected, as the procedure would have diverged or found inconsistent values. The other solution is considered as the true 
solution. 

These results show that additional relevant data may easily make the identification procedure robust, discriminating thus the 
true solution. In this case, a simple tension test added to the infiation/extension test is sufficient. 

Circumventing the problem of non-uniqueness emphasized above would also be made possible by using different types of 
additional data, or other strategies. For instance, separate mechanical tests of medial and adventitial layers can be used as was 
done in [10], or inversion tests in which the arterial segment is turned inside out to reverse the spatial locations of the media 
and adventitia and then redistribute through-thickness stresses in a different manner (theoretically studied in [2]). Another 
possible way to access useful experimental information would be to acquire through-thickness data, thanks to the use of 
optical coherence tomography or confocal microscopy, for instance. Such layer-specific data would help discriminate the true 
solution. Otherwise, in order to reduce the number of dependent parameters to be identified and help make the solution 
unique, additional information regarding the fiber angle distributions within each layer (from histology for instance) would 
be helpful. A part of the work in progress at this time is related to these last two aspects. 
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ABSTRACT 



Material characterization of soft biological tissues by mixed experimental/numerical (inverse) 
techniques represents a powerful tool for the analysis of their complex mechanics. However, the 
uncertainty related to the accuracy and capability of the technique is not yet completely investigated and 
understood. In this work, a quasi-static indentation procedure is implemented in order to extract the 
Mooney-Rivlin material parameters and the equivalent Young's modulus for a hyperelastic rubber-like 
material. A non-standard approach based on a Finite Element (FE) inverse method is employed. An 
experimental set-up consisting of a dedicated micro-indentation system has been employed to extract 
reaction force values as a function of the penetration depth. A cost function, based on the square 
difference between experimental and numerical data, is optimized trough a modified Nelder-Mead 
direct search algorithm (MNMA). The accuracy of the identified parameters is discussed using results 
of a virtual benchmark case study. 



INTRODUCTION 



Characterization of soft biological tissues by mixed experimental/numerical (inverse) techniques is 
more and more often employed in bioengineering. Kevin et al. [1] used image correlation techniques 
Kauer M. et al. [2] used aspiration. Authors [3,4] used indentation as non-destructive experimental set- 
ups for ex-vivo and in-vivo material characterization. 
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The current study focuses on determination of material parameters for hyperelastic Mooney-Rivlin 
material model by an inverse technique employing indentation as experimental procedure. Literature 
shows that the methodology capabilities are not completely investigated and understood. 
Different authors performed indentation studies, but few of them focused on its application in inverse 
techniques to execute material characterization of soft biological tissues. Lyra et al. [5] developed a 
small size indentation instrument to investigate the changes in the biomechanical properties of articular 
cartilage. Vannah et al. [6] measured the quasi-static response of bulk muscular tissue on the posterior 
lower legs of living human subjects evaluating the hysteresis and stress relaxation effects. Rome et al. 
[7] developed a hand-held device to provide an accurate, reliable, non-invasive, portable instrument for 
the measurement of heel pad indentation in a clinical setting. An experimental set-up with a linear 
actuator to perform the indentation was carried out by Miller et al. [8]. They compared the results of 
brain indentation experiments with numerical simulations. Han et al. [9] developed a hand-held 
ultrasound indentation system able to acquire force-displacement response in-vivo. Korhonen et al. [10] 
studied the risk of damaging for cartilage thickness lower than 2 (mm) by a commercial arthroscopic 
indentation instrument [5]. Hu and Desai [11] presented an experimental apparatus and the formulation 
to implement the experimental data trough FE simulations of the biomechanical model of a liver. 
Kerdok et al. [12] emphasized the manifestation of breast pathology by changes in stiffness using an 
inverse technique. Liu et al. [13] presented a method to determine the unique material parameters of 
breast tissue from indentation experiments. Gales et al. [14] validated the work conducted by [7] on 
hand-held heel pad indenter for determining pad properties. Recently, Kim et al. [15] collected intra- 
abdominal organs measurements from pigs. Jachowicz et al. [16] and Lu et al. [17] used a heuristic 
approach to calculate the Young's modulus of skin and thick soft tissues respectively. 



It is globally accepted that soft biological tissues mechanical behaviour can be reasonably modelled by 
hyperelastic material models [18]. Typically, Mooney-Rivlin [2, 19, 20], Polynomial [21, 22], Ogden 
[18, 22], Arruda-Boyce [13], and Yeoh [23] represent the constitutive laws adopted for breast, brain, 
liver, cartilage or cells mechanical characterization. Recently, authors working on nano-indentation [24] 
employed Mooney-Rivlin models characterize human cells. 



An extensive work, on breast tissues, has been conducted by Samani et al. [3]. They performed 
preliminary clinical studies to characterize human breast ex- vivo samples. The potential of the 
methodology as clinical tool to investigate pathologies, at different scales (organs, tissues, and cells), by 
changes in material parameters is unanimously recognized by the scientific community. 



Unfortunately, authors [3] showed accuracy levels not appropriate for the application, reporting cases of 
poor convergence of the algorithm, and providing not congruent results [3, 25]. Recent works neglected 
completely the accuracy of the results and the method reliability. Particularly, Namani et al. [26] stated 
that indentation does not appear to have the sensitivity to extract two or more hyperelastic parameters 
also if the results suggest that it has the potential to evaluate the influence of processing conditions, 
pathology, etc., via changes in the generalized elastic modulus. 



The goal of this work is to demonstrate the validity of the technique without investigate the aspect 
related to the correct choise of a specific material model. Assuming that hyperelastic material models 
can be effectively used to model the mechanical behaviour of soft biological tissues, the Mooney-Rivlin 



21 



formulation is considered. A mixed experimental/numerical technique is employed and a modified 
Nelder-Mead optimization algorithm (MNMA) is implemented to minimize a cost function based on the 
square differences of reaction force values. A non-distructive indentation procedure is realized by a 
dedicated micro-indenter system. The validation of the device, and consequently of the methodology, is 
performed comparing the equivalent (globalized) Young's modulus of silicon rubber, calculated 
referring to Mooney-Rivlin material constants (see Appendix for the analytical description), with the 
tensile Young's modulus calculated from the slope stress-strain curve obtained by standard tensile tests. 
The Boussinesq's analytical solution of the "force on boundary of a semi-infinite body" problem [27] is 
also considered for validation. The results derived from an experimental and a benchmark case study 
are reported and compared. The benchmark allowed to considering the possible error sources coming 
out from the optimization procedure. The critical points of the methodology are deeply discussed and 
analyzed. 



THEORY 



In this section, the mathematical formulation of a Mooney-Rivlin (incompressible) material model and 
the equivalent Young's modulus calculation are discussed (see more details in the Appendix). 



The Mooney-Rivlin material model (incompressible) 



The classical strain energy formulation of the Mooney-Rivlin form for incompressible hyperelastic 
materials is often employed in the description behaviour of incompressible isotropic rubber-like 
materials and soft tissues [18]. Soft biological tissues and rubber may be characterized as highly 
nonlinear materials undergoing finite strains. As mentioned in Holzapefi et al. [28] the probably most 
widely used and established model to replicate the phenomenological behavior of rubberlike solids in 
the finite strain domain is the Ogden model Eq.(l). The incompressible Mooney-Rivlin material 
formulation is a special case of the incompressible Ogden material constitutive law, 

^//=t//(^„^„^) = f;^(V^ +V^ +^^^ -3) (1) 

where W is the strain energy density function, Xa (a=l,2,3) are the principal stretches, and ji denotes the 
classical shear modulus in the reference configuration, known from the linear theory. A^ is a positive 
integer that determinates the number of terms in the strain energy function, ap are dimensionless 
constants Wiihp=l, ...,N. 



The Ogden material model Eq.(l) describes the changes of the principal stretches from a reference to 
the current configuration. It plays a crucial role in the theory of finite elasticity [18]. 
The derived Mooney-Rivlin constitutive law for incompressible hyperelastic materials is written in the 
form Eq.(2), 

^ = ^io(A-3) + Coi(/2-3) (2) 
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where Wis the strain energy density function, /; and I2 are the first and the second invariants of the 
deviatoric component of the left-Cauchy-Green deformation tensor, and cio and coi are material 
constants. 



In this work, Eq.(2) is implemented in a numerical simulation of a quasi-static micro-indentation. The 
basic assumption, referring to incompressibility, is that soft tissues, are composed prevalently by water 
which is ideally considered incompressible. Rubber is also characterized by a Poisson's coefficients 
close to 0.5. 



Equivalent Young's modulus for a Mooney-Rivlin solid 



For the case of an incompressible Mooney-Rivlin material under uniaxial elongation (simple tension), 
the constitutive law Eq.(2) can be written, considering the Cauchy stress in function of the stretches as. 



(j = 



^ 2c ^ f 1 ^ 



2c,o + ■ 



'01 



V ^ y 



V /^y 



X 



(3) 



where a is the Cauchy stress in the applied tensile direction, cw and coi are the material constants 
introduced in Eq.(2) and X is the uni-axial stretch. According to Eq.(3) can be said that, considering 
small strain, the ratio o/s at infmitesimally small strain can be determined by the relation, 

^., =6-(Cio+Coi) (4) 

The complete description of Eq.(4) is given in Appendix. 

In this work, the equivalent Young's modulus Eeq, given by Eq.(4) is used to compare the results with 
that one provided by standard tensile tests on silicon rubber and the Boussinesq's analytical solution 

[27]. 

MATERIAL & METHODS 



The material characterization procedure is schematically represented in Fig.(l). The calculation of the 
two material constants for a Mooney-Rivlin material model, formulated under incompressibility 
condition, is performed employing a non-destructive indentation test. The methodology couples the 
results obtained by a real experiment with that one calculated numerically by a FE simulation of 
indentation of a deformable sample. The coupling consists in the minimization of a cost function built 
considering the square residuals given by, 

S = f^rl with r, = mr" - mY''' (5) 

i=l 
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where S is the sum of the square residuals and r/ is given by the difference of the reaction force values 
f(di)^^^ ohtSiinQd by the real experiment and /f(5i>)^^^ numerically calculated. N is the number of sampling 
points for the function /f(5) expressing the reaction forces values derived from a quasi-static indentation 
in function of the penetration depth S. In this study, the maximum value for J is 1 (mm). The benchmark 
study is performed taking into account A^=10 and N=100. The influence of the number of sampling 
points is analyzed. 



The cost function Eq.(5) is optimized using the Modified Nelder-Mead Algorithm (MNMA) starting 
from an initial guess value G(o) (Fig.(l)). It is a direct-search optimization method for global minima 
determination. The description of its working principle is out of the scope of this work. 
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Fig. 1 Inverse method scheme 

In order to evaluate the reliability of the methodology two different studies typologies have been 
conducted: a virtual benchmark and a real case. 



The implementation of a virtual benchmark study allowed the evaluation of accuracy in the parameters 
(cio and Coi) determination eliminating a possible error source due to real experimental data utilization. 
The benchmark "unknown" parameters have been determined by a numerical calculation of the reaction 
forces values at the interface of an analytical rigid surface (micro-indenter probe) and a deformable 
cubic specimen. 



Real experiment is performed using a dedicated micro-indentation system consisting of a linear actuator, 
a force transducer and an acquisition data card connected to a computer. The device has a maximum 
penetration resolution of 220 nm and is automatically driven at speed of 0.02 (mm/s) for a measured 
distance of 1 (mm) in a cubic silicon rubber specimen of 1000 ml volume. A flat cylindrical punch of 
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d=2 (mm) diameter is mounted. Ten different measurements of the force-displacement curves of the 
same sample are taken at distance of 5 min. The analogue signal coming out from the transducer has 
been sampled at frequency of 200 (MHz). A quadratic curve fitting and an average of the ten force- 
displacement curves is performed to obtain the final reaction force data. 

For both, benchmark and real case study a final sampling of the reaction force curve is used for the 
calculation of the residuals r/ (i=l,...,10) Eq.(5). 



The FE model of a quasi-static indentation is implemented (Fig.(2)) using the commercial software 
Abaqus-6.10. A cube of 8 ml volume is considered for the numerical calculations used for both 
benchmark and real case. The indentation penetration depth is S=\ (mm) and the probe is flat cylindrical 
with a diameter d=2 (mm). The probe is modelled as an analytical rigid surface and it is tied to the cube 
surface. The cube is modelled as deformable solid. The mesh used for the cube is composed of 1500 
hexahedral solid element coded as C3DH in Abaqus-6.10. Geometrical constraints are applied to the 
basis of the sample, to the probe reference point and at the interface probe-specimen. 



3, Kfses 
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(a) (b) 

Fig. 2 (a) Finite Element model: probe (red) and specimen (blue); (b) contour plot of Von Mises 
(MP a) stress distribution (middle cut view): the areas far from the probe show very low stress 
values 

The bottom of the cube is fixed in all degrees of freedom , 



U,=U,=U,=Q 



(6) 



where t/y, U2, and Us are the displacement in direction 1,2 and 3 respectively (Fig.(2)). The reference 
point at the center of the probe surface is leaved free to move only in direction 3. 

At the interface probe-cube a tie constraint, and not a contact model, is applied: the analytical rigid 
surface is directly constrained to the surface of the elements of the deformable solid imposing a tie 
constraint between them (see Abaqus-6.10 Manual [29]). 



The ratio d/t (t, sample thickness) is limited to the value of 0.05 to avoid influences of boundary 
conditions on the reaction force values [30]. In fact, for the benchmark parameters and the real ones 
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(related to the real experiment) the Von Mises stress values in areas of the specimen far from the 
interface probe-specimen are of order 10""^ (MPa). 



In order to test the accuracy of the method multiple starting guesses are considered for initializing the 
MNMA algorithm. Recent works [26] show an average error in accuracy for a Mooney-Rivlin material 
constants estimation of 75.08 % using starting values of 50%, 25%, and 100% smaller than the 
benchmark values. 



The benchmark parameters considered are Cio=0.035 (MPa) and Coi=0.068 (MPa). The inverse method 
is tested for three different initial guesses Gb(o)\Gb(o)^ , and Gb(o)^ (Tab.(l)) in the case of the benchmark 
study. For the real experimental case the parameters are determined using 20 different starting points 
GR(o/(i=l,...,20)(Tab.(2)). 

Tab. (3) shows the equivalent Young's modulus Eeq.^ calculated measuring the slope of stress-strain data 
obtained from standard tensile tests (ASTM D412- 06ae2 [31]), and the benchmark equivalent Young's 
modulus Eeq.^ obtained by Eq.(4). This values are used as reference to determine the accuracy error. 
Eeq(B)^^is the equivalent Young's modulus calculated from the benchmark results and Eeq(R)^^ from the 
results gained in the real case. Both, Eeq(R)^^and Eeq(B)^^, are calculated according to Eq.(4). Eeq^^"^ 
and Eeq^^^are the equivalent Young's moduli calculated using the Boussinesq's analytical solution of 
the "force on a boundary of a semi-infinite body" problem [27]. Eeq^^^^is calculated from reaction force 
values Fr^^^ obtained numerically performing a FE simulation using the benchmark Mooney-Rivlin 



constants. According to the Boussinesq's solution, 

F^-n-r^ 'M Max ^ A/ A/ 

Eeq=— -^ With Fj, =^R'Y ^^^ Y^ ^^ 

where Eeq is the equivalent Young's modulus, Fr is the reaction force value, r is the probe radius, and Al 
and / are penetration depth and max. penetration depth respectively. 



One can notice (Tab. (3)) that the error between Eeq^ and Eeq^^"^ (7.6%)) for benchmark is in the same 
order of that one calculated between Eeq^ and Eeq ""^ (9.4%)) for the real case. This means that the 
experimental data are reliable. The relatively high percentage in the error is due to the fact that the 
Boussinesq's solution is valid for linear elasticity and the data taken in consideration originate from non 
linear problems. In fact, the error decreases to less than 2% simulating the indentation of a linearly 
elastic specimen. 
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Tab. 2 Initial guess values for the real ease 
study 



Tab. 1 Benchmark value for Cio and Coi and 
initial guesses 





cio (MPa) coi (MPa) 




Benchmark Values 




0.035 0.068 




Initial Guess Values 


Gb(0) 


0.0175 0.034 


Gb(0) 


0.00875 0.017 


Gb(0) 


0.0035 0.0068 





cio (MPa) 


coi (MPa) 




Initial Guess Values 


Gr(0) 


0.001 


0.001 


Gr(0) 


0.050 


0.001 


Gr(0) 


0.100 


0.001 


Gr(0) 


0.100 


0.050 


Gr(0) 


0.100 


0.100 


r 6 


0.050 


0.100 


Gr(0) 


0.001 


0.100 


Gr(0) 


0.001 


0.050 


Gr(0) 


0.010 


0.050 


(^ 10 

VJR(O) 


0.075 


0.050 


Gr(0) 


0.050 


0.010 


r 12 

VJR(O) 


0.050 


0.075 


Gr(0) 


0.025 


0.050 


Gr(0) 


0.050 


0.025 


Gr(0) 


0.050 


0.090 


C^ 16 

<JR(0) 


0.090 


0.050 


Gr(0) 


0.025 


0.025 


^ 18 
<JR(0) 


0.025 


0.075 


r ly 

VJR(O) 


0.075 


0.025 


f. 20 


0.075 


0.075 



Tab, 3 Equivalent Young's modulus calculated considering stress-strain data obtained by 
standard tensile tests (ASTM D412- 06ae2 [31]) 



Fr^^TO 



Boussinesq 



6(cio+coi) Tensile test 



Eeq^^^MPa) Eeq'^''P(MPa) Eeq'^(MPa) Eeq^(MPa) Error 



Benchmark 
Real case 



2.100 

1.37 



0.669 



0.618 



0.436 



0.395 



7.6 
9.4 



RESULTS & DISCUSSION 



In this section results carried out by the benchmark and the real experimental are reported and discussed. 



Benchmark case study 



Data show that benchmark repeatability is very high. The MNMA provided in all cases the convergence 
to the solution identifying the global minimum and avoiding to fall in local minima by which the cost 
function Eq.(5) is characterized. Tab.(4) shows the values determined for both constants Cio and Coi, the 
mean and relative standard deviation, and the accuracy error respect to Egq^ = 0.618 (MPa). Data 
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demonstrate very different solutions from the percentages provided by Namani et al. [27] that reported 
absolute errors of 21.61% for cio and 75.08% for coi and a relative standard deviation of 13.6% and 
22.5% respectively. This study demonstrates that the magnitude of the accuracy error for a benchmark 
study is very close to zero. Determination of the equivalent Young's modulus is much accurate with an 
error reaching an average value of 0.002%). Fig.(3) shows the searching path followed by MNMA to 
find the solution. 



Tab. 4 Results for the benchmark (N=10): Mooney-Rivlin constatns Cio and Coi, equivalent 
Young's modulus Eeq(B)^^ and its accuracy error respect to the equivalent Young's modulus Eeq.^ 
determined by Eq.(4) 





Result (MPa) 




Error 


(%) 


Number of 




Tj MR 

ClO Coi t-eqfB) 


ClO 


coi 


P MR 

iieq(B) 


Iterations 


Gb(0) 


0.035045 0.067957 0.618012 


0.13 


0.06 


0.002 


83 


Gb(0) 


0.035024 0.067977 0.618006 


0.07 


0.03 


0.001 


113 


Gb(0) 


0.034935 0.068061 0.617976 


0.18 


0.09 


0.004 


106 


Mean 


0.035001 0.067998 0.617998 


0.12 


0.06 


0.002 


101 


SD/Mean (%) 


0.17 0.08 0.003 











The infiuence of the number of sampling points is evaluated considering N=10 and N=100 in Eq.(5) for 
the three sets Gr(o)\ Gr(o)^, and Gr(o)^. A difference of less than 0.005% is noticeable for cio and Coi. 
The increment in the calculation time is 10 time bigger for N=100. 

0.2r 








0.01 



0.04 



0.05 



0.02 0.03 

clO 
Fig. 3 MNMA search path: the red star indicates the starting point (initial guess), the red cross 
the final point (solution), and the green square the bechmark 



Real experiment 



The identified Mooney-Rivlin constants by the inverse technique are: Cio=0.022 (MPa) and Coi=0.045 
(MPa). In this case study the reference value to determine the accuracy is Eeq.^=0.395 (MPa). The 
equivalent Young's modulus calculated by Eq.(4) using the obtained Mooney-Rivlin material constants 
is Eeq(R)^^=0.405 (MPa), 7.11% lower than Eeq^""^. The accuracy average error is 2.6%. This 
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demonstrates that the error margin in the real case is very low. The relative standard deviation is 0.19% 
for cio and 0.09% for coi. All the calculations are performed using N=10 sampling points for the 
experimental data. Results are showed in Tab. (5). 



The MNMA showed the capability to distinguish the minima typology. Fig.(4) shows the local minima 
points for set Gr(o)^. At iteration n. 43 the values for the two parameters are estimated as cio - 0.001098 
(MPa) and coi -0.065547 (MPa). A standard Nelder-Mead termination test considers these as 
minimizing values and terminates giving a cost function value 4 times bigger. Iteration n. 44 represents 
the new initial guess adopted to find the global minimum. 



According to Eq.(4) the equivalent Young's modulus referred to the local minima Cio^ and Co/ is 
Eeq =0.400 (MPa): value 1.23% far from the solution Eeq(R)^^=0.405 (MPa). This is the reason for which 
authors [26] stated that inverse techniques, based on indentation, cannot calculate more than one 
material parameter while can only "accurately" estimate the equivalent Young's modulus. 



The MNMA, on the contrary of a classical Nelder-Mead implementation, recognizes the minima 
typology and re-starts the search, from a new guess, if the solution doesn't correspond to the global 
minimum. 



0.08 



0.06 



o 0.04h 



0.02- 




60 80 

clO 

Fig. 4 Convergence trend for Mooney-Rivlin material constants Cio (blue) and Coi (green); the red 

circles indicate a local minimum 



Benchmark V.S. Real experiment 



It is possible to suppose that experimental data affect the measurement accuracy introducing an error of 
2.6% referring to the equivalent Young's modulus. The error related to the benchmark values is almost 
zero. The relative standard deviations are almost the same. The average number of iterations is exactly 
the same. Reducing possible error sources deriving from standard tensile tests or for the micro-indenter 
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it will be possible to assess the real accuracy error of the methodology which, however, cannot be lower 
than 0.002%. 



Tab.5 Results for the real experiment: Mooney-Rivlin constatns Cio and Coi, equivalent Young's 

r — — 

modulus Eeq(R) 

determined by standard tensile tests 



EearR)^^ and its accuracy error respect to the equivalent Young's modulus Egq.^ 





Result (MPa) 


Error (%) 


Number of 




ClO 


coi 


P MR 

lieq(R) 


P MR 


Iterations 


Gr(0) 


0.022328 


0.045222 


0.405299 


2.607 


120 


Gr(0) 


0.022381 


0.045171 


0.405316 


2.612 


124 


Gr(0) 


0.022327 


0.045223 


0.405298 


2.607 


154 


Gr(0) 


0.022368 


0.045183 


0.405308 


2.610 


87 


Gr(0) 


0.022295 


0.045253 


0.405287 


2.604 


110 


Gr(0) 


0.022335 


0.045216 


0.405301 


2.608 


125 


Gr(0) 


0.022422 


0.045131 


0.405318 


2.612 


158 


Gr(0) 


0.022341 


0.045210 


0.405301 


2.608 


127 


(^ 9 

VJR(O) 


0.022354 


0.045197 


0.405302 


2.608 


82 


^ 10 
Gr(0) 
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CONCLUSION 



Results demonstrate that a mixed experimental/numerical method using non-destructive indentation is a 
reliable and accurate technique for characterization of Mooney-Rivlin incompressible material models. 
Assuming a priori, according to literature, to employ phenomenological hyperelastic constitutive laws 
to characterize soft biological tissues, this study demonstrate that the analyzed technique has the 
potential to be extended to in-vivo and ex-vivo tissues. Clinical studies, based on the collection of 
material parameters Cio and Coi of human soft tissues characterized by specific pathologies, age and 
living conditions, etc., could be carried on. Benchmark and experimental studies demonstrated that the 
methodology can be used to estimate more than one material parameter. The reported results allow to 
state firmly that the modified Nelder-Mead algorithm MNMA allowed to performing non-destructive 
material characterization of rubber-like materials using a single experimental procedure. A further 
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study will evaluate the possible reduction of the accuracy error (2.6%) and the feasibility to simulate the 
mechanical behaviour of human breast tissue under quasi-static indentation using a hyperelastic 
Mooney-Rivlin incompressible material model. 
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APPENDIX 



Equivalent Young's modulus for a Mooney-Rivlin solid 

The Mooney-Rivlin material model is characterized by the two material constants Cio and Coi. It is 
formulated, according to the strain energy formulation, as 

^ = ^io(A-3) + Coi(/2-3) (1) 

where W is the strain energy density function, /; and h are the first and the second invariants of the 
deviatoric component of the left-Cauchy-Green deformation tensor, and cw, coi are material constants. 
In the case of simple tension, the constitutive law can be written considering the Cauchy stress in 
function of the stretches in the form. 
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G = 



2^10 + 



2Cn 



(2) 



where a is the Cauchy stress in the appHed tension direction, cjo and coj are the material constants 
introduced in Eq.(l), 1=£ +7 is the stretch, and s is the true strain. For a complete calculation of Eq.(2) 
see Holzapefel (G. A., JOHN WILEY & SONS, LTD eds.. Nonlinear Solid Mechanics a Continuum 
Approach for Engineering, 2004). This appendix gives the mathematical calculation which allow to 
state the relation 



Ee,. =6-(Cio +Coi) 



(3) 



Where Egq.is the Unearized equivalent Young's modulus for a hyperelastic Mooney-Rivlin 
incompressible material model characterized by the constants Cio and Coi. 

Starting from Eq.(2) and substituting the stretches A as a cost function of the true strain in the tensile 
direction. 
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Considering a linear relationship between a and e, Eq.(4) can be formulated as, 
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(5) 



Assuming 2s +1=1 for small s one can write. 



Eea. = — = 6-(c,o+Co,). 



(6) 



Eq.(6) is the equivalent Young's modulus for a hyperelastic Mooney-Rivlin incompressible material 
model in uniaxial extension. 
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ABSTRACT 

Arterial tissue consists of multiple types of structurally important constituents, each of which may have individual material 
properties and associated stress-free configurations that may evolve over time. This gives rise to residual stresses which 
contribute to the homeostatic state of stress in vivo as well as adaptations to perturbed loads, disease, or injury. 

The existence of residual stress in an intact but traction- free excised arterial segment suggests compressive stresses in the 
inner wall and tensile stresses in the outer wall. Accordingly, an artery ring springs open into a sector after a radial cut. The 
measurement of the opening angle is used to deduce the residual stresses, which are actually the stresses required to close 
back the ring. 

The open angle method provides an average estimate of circumferential residual stresses but it gives no information on either 
the local distribution through the thickness and along the axial direction. To address this lack, we propose to derive maps of 
residual stresses using a novel approach based on the contour method. Small pieces of freshly excised tissue are carefully cut 
into the specimen and the local distribution of residual stresses is determined from whole-body DIC measurements using a 
finite element model. 

1. Introduction 

Even removed from the body, the artery is not stress-free [1, 2]. Arterial tissue is similar to a laminated fibre-reinforced 
composite material consisting in multiple types of structurally important constituents, each of which may have individual 
material properties [3] and associated stress-free configurations that may evolve over time. This gives rise to residual stresses 
which contribute to the homeostatic state of stress in vivo as well as adaptations to perturbed loads, disease, or injury [2]. 

Understanding of residual stresses is crucial in consideration of vascular growth and remodelling. Several authors have 
shown that although residual stresses are small compared with in vivo wall stresses they have a strong influence on the in 
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vivo stress distribution. In particular, the residual stresses seem to have the effect of homogenizing the circumferential stress 
within each layer in the physiological load state [1,2]. 

The existence of residual stress is manifest in the springing open of an arterial ring when it is cut in the radial direction. This 
opening relieves the residual stress, the circumferential component of which is compressive on the inner part of the ring and 
tensile on the outer part. The measurement of the opening angle is used to deduce the residual stresses, which are actually the 
stresses required to close back the ring. 

The open angle method provides an average estimate of circumferential residual stresses but it gives no information on either 
the local distribution through the thickness and along the axial direction. Moreover, the procedure relies on the assumption 
that the residual stresses in the ring are completely released after one single radial cut. For this reason, the opening angle 
method is still to be improved. Zhang et al. [12] showed artefacts that may be induced by viscoelasticity. Recently, Ohayon et 
al. [13] used the opening angle method for an artery with an atheromatous plaque. This yielded an interesting study about the 
definition of plaque vulnerability. However, the approach is somehow questionable as the heterogeneity and localization of 
residual stresses in a plaque may not be fully revealed by the method. Actually, the opening angle method is well suited when 
the distribution of residual stresses is axisymmetric. There is still a lack of a more local method that may be used for 
identifying the residual stresses in an artery of any shape, especially with a plaque. 

Several authors have tried to address this lack. Han and Fung [8] used markers to track local radial and circumferential 
deformations during the opening angle experiment. Sommer et al. [9] considered the existence of layer specific residual 
stretch by separating mechanically the different layers after performing the open angle experiment. 

In order to have a new insight in this important question, we propose to derive the 3D local distribution of the residual 
stresses using a novel approach based on the most recent methods developed for the measurement of residual stresses in 
laminated fibre-reinforced composite materials. 

Indeed, reconstruction of residual stresses has always been an important topic of research regarding engineering implications. 
Many techniques have been developed by materials engineers to measure residual stresses. For laminated composite materials 
for instance, at a ply or macroscopic scale, the hole-drilling method [4], the layer removal method and the compliance method 
may be used [5]. The compliance method applied to filament wound tubes consists in sectioning the tubes and measuring the 
change in strains on the external and internal surfaces with two biaxial strain gages, one bonded to each side of the tube wall. 
This leads to the estimation of the axial and circumferential internal bending moments of filament wound tubes. Using the 
hole-drilling or other removal approaches in combination with full displacement field optical techniques may provide some 
advantages with respect to the traditional use of strain gauges, in particular higher sensitivity and no-contact measurement 
[6]. 

Removal methods combined to the measurement of whole-body local deformations are referred to as the contour method [12, 
13]. We propose here its application to arterial tissue, with the particularity that deformation measurement focuses on the 
removed part of the material. The approach combines whole-body digital image correlation (DIC) measurements and the 
resolution of an inverse problem through a finite element model updating (FEMU) method. Small pieces of freshly excised 
tissue are carefully cut into the specimen and the local 3D distribution of residual stresses is determined from their 
deformation after removal. 

2. Materials and methods 

2.1. Materials 

A fairly straight segment of a fresh bovine descending aorta (about 40 mm length, 30 mm outer diameter, 4 mm thickness) 
was provided by a local slaughterhouse. The loose connective tissue was carefully removed in physiological solution and the 
artery was put vertically on a plastic cap (Fig. la). A ring of the artery was used to calculate the circumferential residual 
strains with the 'opening angle method' [1, 2]. An urethane expandable sealant foam was sprayed into the artery lumen while 
keeping it moist by means of cotton pads soaked in physiological solution (Fig. lb). During the curing time (about 10 min) 
the foam gently expands and fits closely the artery inner geometry penetrating the branches. A preliminary test carried out by 
filling a latex glove finger with the foam assessed the absence of stress generation during its expansion and hardening. Once 
the foam hardened, 8 acupuncture needles (0.25 mm diameter, 20 mm length) were used to delimit fairly square areas on the 
arterial external surface (Fig. Ic). The needles penetrated through the arterial wall thickness and through the foam (for about 
15 mm) allowing to fix the selected pieces in their unloaded configurations. A scalpel was then used to cut the specimens 
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(Fig. Id), first removing the remaining part of the artery (Fig. le, note how the artery opened up in response to the radial cuts) 
and finally cutting the foam into the final shape (Fig. If). Two additional needles were used to handle the specimen during all 
the stages of the experimental protocol. The samples were checked carefully in order to verify the adhesion of the inner 
arterial surface to the foam and then were sprayed with black Indian ink by using a fine tipped airbrush. This allowed to 
create the speckle random pattern needed for the subsequent DIC-based measurement [14]. 




Fig. 1 Sample preparation: a) the artery was filled with expandable sealant foam, b) the foam was allowed to harden, c) the 
areas of interest were delimited by using acupuncture needles, d) the remaining part of the artery was cut and e) removed, f) 
the foam was cut into the final shape. 



2.2. Experimental set-up and protocol for releasing residual stresses 

Aim of the experimental test was to retrieve the shape of the sample before and after removing the needles that keep it into 
the unloaded configuration in order to get the displacement field due to the 'opening up' of the ring segment. A DIC-based 
'whole body' measurement was obtained by positioning the sample on the top of a /4" steel post fixed onto a rotational stage. 
A single camera was used to capture a 1 min video sequence of the sample throughout a full 360° rotation. In this way, each 
couple of frames of the video sequence (of about 200 frames) can be considered two views of a lateral DIC stereo-system and 
can be thus processed on the basis of the classic Stereo- Photogrammetry principles [15]. In particular, calibration was 
performed with the modified DLT method [16] that allows to retrieve the stereo-system parameters by using a single image 
(conversely, for example to the 'bundle-adjustement' method). To this scope, a square dot pattern was glued around the steel 
post allowing to have the calibration pattern always present in all the images of the sequence. Moreover, in this way it is 
possible to automatically reconstruct and merge the point clouds into a single global reference system. All the codes needed 
for calibration, DIC-matching, reconstruction and merging were compiled into the Matlab environment. 

2.3. Deformation measurement 



A first video sequence of the sample allowed to capture its shape in its unloaded configuration (i.e. with residual stresses. Fig. 
2 left). Then, without moving the sample, the needles were carefully removed with the tweezers and the central needle was 
used to slightly lift the sample from the foam to ensure no contact between the foam and the inner surface of the artery. Once 
the stress-free configuration was obtained (Fig. 2 right), a second video sequence was captured. 
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unloaded configuration 



stress-free configuration 



Fig. 2 Two images of the same face of the sample with and without residual stresses. The square dot pattern glued on the 
post served for calibration purposes. The white arrows point out the deformation of the sample. 



Due to the large amount of the frames captured it was 
possible to choose two closely corresponding views of 
the sample before and after the needles were removed 
and to match them via DIC. Image processing was 
performed by considering a measurement grid of about 
2000 evenly spaced points for each face. DIC was 
performed by using template and analysis subset sizes 
of 21X 21 pixels^ and 41 X 41 pixels^, respectively. 
Only points pairs matched with a correlation coefficient 
> 0.98 were considered for subsequent analysis. Eight 
couples of stereo-systems were considered for 
reconstructing the sample lateral surface all over 360° 
(4 for edges and 4 for the faces). The accuracy of the 
data overlap between the contiguous reconstructed 
surfaces (of the order of 10"^ mm^) made not necessary 
to consider a larger number of stereo- views. 




Figure 3 shows the data point cloud obtained for the 
reference (stress-free) configuration. In this case, it was 
possible also to reconstruct the top and the bottom of 
the arterial segment. Being these two surfaces load-free 
they don't need to be contoured also for the deformed 
configuration. Point data clouds so obtained were used 
as input to build the FE model. 



Fig. 3 Point data obtained from the 'whole-body' DIC contouring 
of the stress-free configuration. The use of a single 'cylindrical' 
dot calibration pattern glued on the post (see Fig.2) allowed to 
automatically reconstruct and merge the point data of the 8 
stereo-system in a single reference system. 



2.4. Numerical reconstruction of residual strain fields 



Based on the experimental shape and displacement measurements described above, a finite element (FE) model is built in 
order to obtain the three-dimensional residual strain field as well as an estimation of the residual stress field within the piece 
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of artery. The principle of the procedure is to create a model of the stress-free specimen and to apply the displacement field 
which was previously measured experimentally between the stress-free and the residually stressed configurations. Thus, the 
deformed state of the FE model corresponds to the residually stressed state of the specimen. 

The initial geometry of the FE model is created from the surface point cloud obtained after reconstruction of the specimen 
shape. The point cloud and its connectivity constitute the elements of the surface mesh. The volume mesh of the specimen is 
then created by filling the closed surface with tetrahedral elements. This operation is done using FE software Abaqus®. The 
obtained mesh is made of 293341 elements and 161652 degrees of freedom. The boundary conditions to be applied to the 
model are extracted from the DIC analysis performed experimentally. They consist of the displacement field on each 
individual node of the lateral faces of the specimen. 

It is necessary to provide a constitutive equation for the FE calculation to be performed and then the strain field to be 
extracted. The constitutive model of the arterial material being unknown a priori, it is chosen to use a simple constitutive 
model. It is important to note that the behavior of the arterial material is expected to be little non-linear and little stiff Indeed, 
the analysis is performed between the stress-free state and the residually stressed state, which means that the orders of 
magnitude of stresses, as well as that of strains, are very low with respect to the physiological conditions. For this reason, 
assuming the behavior is linear or quasi linear in such conditions seems to be a valuable assumption. Regarding anisotropy, it 
is neglected as a first approximation, assuming that stiffness is very low and does not vary much with orientation at such 
strains, where micro-structural and compositions effects are not fully activated. 

A neo-Hookean model is implemented for its simplicity. This hyperelastic constitutive model is governed by a strain energy 
density function ^ of the following form: 

^ = -(A-3) + y(^-1) (1) 

where /i is the first deviatoric strain invariant, J = trf F.F j is the volume ratio. The behavior of the material is driven by 

the two parameters G and K. For infinitesimal deformations, K denotes the bulk modulus (or compressibility modulus) and G 
denotes the shear modulus. The values of G and iC being unknown, they were set according to the range of values reported in 
the literature for human and mammals aortas [17-21], also assuming the material to be quasi incompressible [22]. Most of the 
mentioned studies provide data in terms of incremental Young's modulus and/or other constitutive models, therefore the 
values of G and K were obtained by linearizing and identifying the parameters when needed. Quasi-incompressiblity was 
assumed to correspond to an equivalent Poisson's ratio of 0.49. Note, however, that the Poisson's ratio being set, the 
influence of the other parameter on the strain field is negligible. The magnitude of stresses may nevertheless be affected. In 
this study, G = 1 8 kPa and ^ = 800 kPa. 

The problem is solved using an implicit scheme. 

Thanks to the FE resolution, the actual surface strain field is then reconstructed. Remember that this strain field corresponds 
to the field of residual strains since the imposed deformation maps the stress-free specimen to its residually- stressed 
configuration. In order to evaluate the residual strain distribution through the specimen, average strains are computed within 
ten layers of the specimen. To this aim, the components of strain are averaged over each group / of elements with coordinates 
comprised between r = ri and r = ri+i. 

2.5. Derivation of the fields of residual stress 

The field of residual stresses within the specimen is also an output of the FE simulation. It relies on the choice of the 
constitutive behavior of the material. In the previous section, the constitutive model is homogeneous throughout the specimen 
and it is governed by a neo-Hookean model. 

3. Results 

The circumferential Green strains calculated with the 'opening angle method' on the inner and outer surfaces are Sei = -0.052 
and Sei = 0.068, respectively. 
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3.1. Residual strains and stresses 

The map of axial and circumferential surface strains is shown in Fig. 4. No clear trend can be distinguished from this type 
of visual result. Therefore, the distribution of strains is also averaged at different radial coordinates and plotted as a 
function of the radial coordinate, see left graph in Fig. 5, which is more explicit. This graph emphasizes an almost linear 
increase of the circumferential strain component with increasing radius. Its value at the inner radius is about -l.lle-2, 
which corresponds to a compressive strain, and it increases up to values around 4.7e-2, corresponding to tensile strains. 
Note that the zero circumferential strain is obtained at 17% of the total thickness, not at mid-thickness. The axial strain is 
globally positive though not homogeneous. The influence of boundary effects may affect the results. 

The distribution of residual stresses is plotted on the right graph in Fig. 5. When assuming the constitutive model of the 
material to be homogeneous, the residual strain components show the same evolution as the corresponding strains until 
mid- thickness. For larger radii, the stress distribution reaches a peak followed by a sharp decrease up to the outer radius. 
This response is related to the combination of axial and circumferential strain evolutions which induce strong three- 
dimensional effects on the stress field. 

This graph raises, however, an important issue. The stress state of the specimen is not at equilibrium, otherwise the 
integral of the circumferential stress through the thickness would be zero. This issue is likely to be related to the 
application of foam inside the vessel segment during the experimental procedure. Though the ends of the segment are 
open, a slight pressure may remain in the section from which the specimen is extracted. For this reason, the curves are 
shifted towards the left by an amount guaranteeing a zero integral. Here, the offset is about 4 kPa which is reasonable and 
possibly resulting from the action of the foam onto the inner surface of the specimen. The corresponding graph is plotted 
in Fig. 6. 
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Figure 4. Surface logarithmic strain fields: on the right, axial strain and, on the left, circumferential strain. 
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Figure 5. Logarithmic strain and Cauchy stress distribution as a function of the radial location. 
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Figure 6. Cauchy stress (with a shift of -4 kPa corresponding to the action of the foam) distribution as a function of the 
radial location. 



4. 



Discussion / conclusion 



The current study was aimed at having a new experimental glance on the question of residual stresses in arteries. Only a few 
experiments have been carried out so far and no quantitative conclusion can be drawn for the moment, the experimental 
approach needing to be further validated. 

However, the new protocol proposed in this study, based on imaging and finite element analyses, has revealed important 
subjects of discussion that could be investigated in the future regarding residual stresses in arteries. 

More especially, the distribution of residual stresses through the thickness of an artery is not necessarily linear, even if the 
distribution of residual strains in the circumferential direction is linear (for instance in an open angle experiment). Two points 
that are generally not considered in the literature and may affect the distribution of residual stresses through the thickness of 
arteries are: 

1. the constitutive behavior may be different in medial and adventitial layers, even at low strain. The rationale 
supporting this assumption rehes on the nature of the composition of these layers [1]. The adventitia comprises 
mainly collagen fibers which are loose at the no-pressure state, whereas the media includes elastin sheets, smooth 
muscle cells and other components which provide an elastic stiffness even at low pressures. For this reason, different 
constitutive parameters may be affected to each of these layers, the adventitia being softer [9]. 

2. Axial strain is never considered in opening angle experiments (plane strain is generally assumed i.e. the axial stretch 
remains constant during an opening angle experiment [1]). We show here first that the axial strain is not zero when 
the residual stresses are released and second that it strongly affects the circumferential stress response by Poisson 
effect (due to the quasi-incompressibility of the medium). 

Investigating these two points will require the development of a new theoretical background which is out of scope of this 
paper. It will also require applying the imaging and finite element approach developed in this study on a large number of 
specimens to generate sufficient database. To this aim, a certain number of points regarding tissue handling will be improved 
for rendering the approach more robust, in particular controlling better the fixing action of needles and also the foam 
influence that may induce some internal pressure and induce an offset on the residual stresses. Regarding the finite element 
model, it is envisaged to include more realistic constitutive equations based on local indentation tests for deriving the residual 
stresses in future experiments. 
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1 ABSTRACT 

Magnetic resonance elastography (MRE) is an imaging technique that estimates mechanical properties of in vivo tissue. Tra- 
ditionally, a linear elastic or viscoelastic material model has been used to describe tissue behavior. Recently, a poroelastic 
algorithm has been developed to better estimate properties of biphasic tissues such as brain, which is 75-80% water. While 
shear modulus and pore-pressure are usually estimated from this model, hydraulic conductivity may also provide pertinent 
clinical information. Defined as the rate at which fluid penetrates through pores, estimates of this parameter would be an im- 
portant biomarker in applications like tumor identification, detection of increased intracranial pressure, diagnosing traumatic 
brain injury, and drug delivery. Sensitivity analyses have been performed to demonstrate the feasibility of reconstructing this 
parameter, and hydraulic conductivity has been successfully estimated in simulations. The focus of current work is improving 
the reliability of this parameter for use in phantoms and in vivo. A robust hydraulic conductivity reconstruction would allow 
for a wide array of studies testing its applicability to diagnosing disease. 

2 INTRODUCTION 

Disease and injury often cause mechanical property changes in the affected tissue. This is apparent in cancer, where tumors are 
tangibly stiff er masses surrounded by healthy soft tissue, and liver fibrosis, where the entire liver tissue becomes stiff [1]. In 
many cases, the contrast between diseased and normal tissue is far greater than contrast provided by more common diagnostic 
tools like magnetic resonance imaging (MRI) or computed tomography (CT) [2]. Understanding the mechanical property 
distribution of tissues could allow for a stronger diagnostic tool than the current standard techniques. 

One imaging modality that probes this contrast mechanism is known as 'elastography'. Here, the fundamental relationship 
between stress (a) and strain (e), known as Hooke's Law, is probed to estimate the Elastic modulus (E). In the earliest cases, 
a specified stress was applied to a tissue with an ultrasound probe and the resulting deformation (strain) was measured by 
correlating the two different radiofrequency fields, allowing for an estimate of E [3]. Drawbacks to this technique is that 
data is only taken in one dimension and it is highly user-dependent. Magnetic resonance elastography (MRE) is a version of 
elastography that characterizes a full 3-dimensional displacement field. In MRE, a low frequency, sinusoidal vibration is applied 
to the tissue of interest, either in one cycle (transient) or in multiple cycles (steady- state). The resulting tissue deformation is 
captured by a phase-contrast MRI sequence that has the gradients synchronized with the external vibration - allowing the MR 
to capture the phase accumulation at distinct time-points in the motion cycle. This displacement field can be fit to an equation 
that relates displacement and mechanical properties (ie. Navier's equation), with the final result being a mechanical property 
map known as an elastogram [4, 5]. 

This technique has been used to measure properties of muscle, liver, heart, breast, prostate, and brain [6, 7, 8, 9, 10, 11]. A 
major difference between these tissues that is not taken into account is their widely different mechanical responses. Equations 
to fit the tissue deformation to the mechanical property distribution can vary from tissue to tissue but, to date, have been limited 
to linear elasticity and viscoelasticity. Both of these models assume tissue to consist of only a solid elastic matrix. Linear elastic 
reconstructions have been shown to have limited use in in vivo tissue [12], while viscoelasticity, which describes an elastic and 
a damping viscous component, has shown to be more proficient at some in vivo work [13, 14]. However, neither of these models 
properly describe tissue that consists of a high amount of water, such as brain [15]. Due to a distinct solid and fluid phase, brain 
tissue is better characterized as a biphasic or poroelastic continuum [16, 17]. Poroelasticity is based on Biot's consolidation 
theory, which describes a solid porous matrix and a penetrating pore fluid [18]. 

This model has been recently developed for MRE and has been shown to better characterize porous materials than linear or 
viscoelastic material models [16]. Also, while linear elastic and viscoelastic models give a shear modulus estimate, the poroe- 
lastic algorithm gives an additional estimate of the pore-pressure. In studies done previously with the use of this algorithm, it 
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was shown that the pore-pressure estimate follows the elicited hydrostatic pressure of tofu [19]. However, the time-harmonic 
pore-pressure estimate may not fully characterize the hydrostatic pressure of the tissue. MRE experiments are run anywhere 
from 50-150//Z, and hydrostatic pressure is a constant (0//z-like) parameter, therefore no hydrostatic pressure information 
should be present in the resulting displacements. This may indicate, instead, that keeping the estimates of the poroelastic pa- 
rameters constant over different elicited hydrostatic pressures may be forcing a change in the estimated pore-pressure. Some of 
the parameters of interest in poroelasticity are hydraulic conductivity, porosity, and apparent mass density. Hydraulic conduc- 
tivity (HC) is a measure of the ease at which fluid can pass through the pores in a material. Porosity is a volume fraction of the 
total pore space to the total volume. Apparent mass density is a measure of the work done by relative motion between the solid 
and fluid phases and is a function of the fluid density, porosity, excitation frequency, and geometry. 

HC is an important parameter to consider because of its wide array of applications and the scope at which the parameter is 
estimated. In many brain pathologies, the perfusion levels change causing problems in overall function. However, perfusion is 
a macroscopic parameter and estimates higher levels of blood flow. Diffusion is another parameter that is altered drastically in 
many brain diseases. In this case, diffusion relies on microscopic alterations in molecular flow. HC may fall between these two 
parameters, allowing for a broad array of applications [20]. For instance, different regions of brain parenchyma have varied 
levels of matrix-to- water ratios, and thus, may result in different HCs for regions such as grey and white matter. While the solid 
tissue matrix may have similar mechanical structure in these regions, poroelastic parameters like HC may differentiate these 
regions better. 

In pathology, it is widely known that normal and tumorous tissue have very different vasculatures. Even within tumor 
classes, perfusion properties change dramatically due to the type of tumor. For instance, benign tumors lack the tumor vascu- 
lature of a malignant tumor, which is described as irregular, tortuous, and heterogeneous. Furthermore, in a brain tumor that 
consists of very little brain tissue, blood flow is lower in the tumor than the surrounding tissue. On the other hand, if brain 
tumors consist of portions of brain tissue, flow can actually be higher than the surrounding tissue [21]. Estimating both stiffness 
and HC may allow for differentiation amongst healthy, benign, and malignant tumors. A benign tumor may show up as a stiff 
mass with very low HC, while a malignant tumor may also show up as a stiff mass, but with a much more variable level of HC. 

Another application would be related to any disease in which noticeable increases in intracranial pressure are expected. 
Hydrocephalus is a disease characterized by a blockage in cerebrospinal fluid transport from the ventricles to the subarachnoid 
space. The fluid bulids up in the lateral ventricles, causing an increase in periventricular pressure. The current diagnostic 
procedure involves an MRI or CT scan that will depict the enlarged ventricles. However, this can be confused with any disease 
in which ventricles are larger due to atrophying of the tissue. The change that current diagnosis tools are not depicting is the 
increase in pressure. As stated prior, while pore-pressure may not be the best estimate of hydrostatic pressure, HC may depict 
this disease. With an increase in pressure on a porous matrix, the normal interstitial fluid flow is interrupted. 

Traumatic brain injury is a current hot topic in medicine because of the prevalence of concussions in sports. Traumatic 
brain injury destroys neural connections and leaves large amounts of edematous tissue for fluid (blood or CSF) to flow freely. 
If the injury is mild enough, these neural connections begin to regenerate over time and improve the brain's overall function. 
HC estimates would be able to locate the impacted area by delineating the area of high flow and, also, would be able to track 
the recovery of the neural connections over time. One more motivation behind understanding HC is the interest in knowing 
these porous parameters for use in drug delivery. Convection-enhanced delivery (CED) is a current and popular option for drug 
delivery, but suffers from backflow, resulting from too great of a force of the drug infusion and is unsuccessful [22, 23]. In this 
case, the tissue has too low of a HC for the applied level of infusion. An understanding of the porous properties of brain tissue 
like HC and porosity would allow for more accurate delivery methods to neuropathologies like Alzheimer's and Parkinson's 
disease. 

This work will attempt to reconstruct both shear modulus and hydraulic conductivity in a series of porous tissue phantom 
simulations. Noise tests will be used to check the robustness of the algorithm. The ability to reconstruct both a mechanical 
property and a poroelastic property will provide greater characterization of the material and will allow for extensions to in vivo 
brain tissue. 

3 METHODS 

3.1 IMathematical IModel 

The equations used to solve the time-harmonic poroelastic response in MRE extend from Biot's original work in 3D consol- 
idation theory which described the settlement properties of soils under an applied load [18]. Cheng et al [24] extended this 
work to the frequency domain, with the notation kept similar to Biot. More recent work by Perrinez et al [15, 16] moved 
poroelasticity to the field of time-harmonic elastography. The resulting coupled set of equations can be written as 
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V • /iVu + V^^(V • u) - (a - /3)Vp = -u\p - (3pf)u (1) 

^^ ^^ ^ (V • u) + -|f^P + V^p = (2) 

where the vector u is the three-dimensional displacement vector, p is the pore-pressure, p is shear modulus, and v is the 
Poisson's ratio. The overbar (— ) is the frequency-dependent part of the variable. Here, the assumption is made of fully saturated 
tissue (no air bubbles), therefore the parameters a and R can be simplified to 1 and oo, respectively (For more information on 
meaning of parameters, please refer to Perrinez et al). This simplification reduces the equations to 

V • /iVu + V-3^(V • u) - (1 - f5)Vp = (3) 

^^"'('-^)(V-u) + V^p = (4) 



where (3 is given as 



13= ^^fPl^ (5) 

The (3 term is a compilation of all of the poroelastic parameters that, to date, have been assumed based on literature research, k, 
is hydraulic conductivity - the ease at which fluid penetrates the pores, (j) denotes porosity, which is the volume fraction of pore 
space to total volume. The other parameters are actuation frequency (uo), fluid density (pf), and apparent mass density (pa). 

Shear modulus and pore pressure were the original parameters estimated in the poroelastic inversion algorithm. A sensitivity 
analysis has been performed by Perrinez et al [17], that tested the sensitivity level of the other poroelastic parameters. This 
was done by slightly changing the parameter estimate and running a forward problem to calculate the estimated displacement 
field. The resulting displacement fields were compared to see the overall affect of the parameter on the material response. The 
parameters tested were hydraulic conductivity, porosity, and a C parameter that is a function of porosity and the fluid density. 
Figure 1 shows that hydraulic conductivity is the most sensitive parameter, thus being the most likely parameter to be accurately 
estimated using this inversion technique. 

To estimate hydraulic conductivity, a series of modifications were made to the existing optimization code. In the original 
poroelasticity algorithm, (3 is placed outside of a divergence operator, thus assuming all terms in f3 are considered uniform. 
However, in most phantoms or tissue, HC varies drastically. A reformulation of the weak form was performed to find the 
updated version of the finite element model. 

Reformulating the coupled set of equations while keeping P inside the divergence operator keeps Eqn. 3 as the same, but 
alters Eqn. 4 to give 

PfUo^V . (u(l - /3)) + V • {(3Vp) = (6) 

Applying the divergence theorem to get the weak form becomes 

Vvp, V(/.A - /pfCO^iV ■ (1 - f3)u],^i) = fin ■ pVp)<l>ids (7) 
which changes the subelements of the stiffness matrix A to become 

au = /-Pfu;\l - p)^4>^ (8) 

a,2 = (^-Pfu^\l-P)^4>i^ (9) 

a43 = (-Pf^^il - l^)^^i) (10) 



n = ( Si -\- -\- ) ni) 

\ \ dx dx dy dy dz dz J / 
Once this update was performed, the stiffness matrix A and the Hessian and Jacobian matrices were updated. Lastly, addition 
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Figure 1: Contour plots of the sensitivity of three poroelastic parameters - hydraulic conductivity (/^), porosity ((/)), and experi- 
mental parameter C. Images are comparing relative changes in the displacement when a change in a single parameter is made. 
Left image compares C and (j) and the right image compares (j) and hz. This figure is adapted from [17]. 

of more complex regularization techniques was needed due to the addition of a new, lower sensitivity parameter. Regularization 
was tailored towards the individual parameters and their inherent sensitivity levels and also to the current error level of the 
optimization scheme. Current regularization techniques include Marquadt, Joachimowicz, and Tikhonov, with future techniques 
such as Total Variation Minimization are expected to be used to increase stability and accuracy of the algorithm. 

3.2 Simulated Phantom Studies 



Two simulated phantom data sets were created to test the accuracy and the stability of the algorithm. The first test was a cubic 
porous phantom (0.04m^) that had one large spherical inclusion. The background value was fi=3000Pa and tv=le-9^^Y^. The 

inclusion was given contrast in both shear (3200Pa) and HC (2e-9^^). The nodal distance was 2.0mm, which gave 17,261 
nodes and 96,000 tetrahedral elements. Simulations were run over a range of frequencies (l-l50Hz) and were supplied with 
a known displacement at the actuation surface (1mm) that is similar to what is expected during tofu and in vivo experiments. 
A noise experiment was conducted by adding Gaussian noise to the displacements that resembles the noise acquired during 
an MRI experiment. The level of displacement noise necessary to mock an MRI was calculated based on the error accrued in 
the phase and the number of measurements (phase offsets) taken in normal elastography experiments. Approximately 1.5% 
Gaussian noise was estimated for MR noise, as well as another similar level of noise accrued from MR elastography setup and 
post-processing. A total of 1.5% Gaussian noise was used for 1/2 MR noise and 3.0% noise was considered full MR noise. 

To test resolution and robustness of the code, a second experiment was performed involving two conical inclusions in a 
brick porous phantom of size 50mm x 50mm x 100mm. The cones are meant to model theoretical hard masses in tissue (ie. 
tumors) where the tissue matrix is stiff and the fluid flow in the pores is lowered. With the same background values as the first 
experiment, one cone was given contrast in both shear modulus and HC (3200Pa and 9e-10^^) while the second cone had 

both contrast as well, but in the opposite direction as the first cone (2800Pa and 2e-9^Y^). ^ nodal distance of 2.5mm was 
used, which gave a total of 34,081 nodes and 192,000 elements. The same range of frequencies and actuation displacement was 
given to this simulated phantom. 



4 RESULTS 



The first simulated phantom result shows very accurate and precise estimation of shear modulus and HC. In both cases, a sharp 
outline of the inclusion is found and gives highly accurate estimates. As noise is added to the displacement fields, the shear 
modulus elastogram still locates the inclusion quite well, with only slightly more variation in the background estimate. The 
HC estimate suffers more when noise is added. At 1/2 MR noise, the image looks very similar, only at full MR noise does 
the image become more greatly distorted. The spherical inclusion loses the exact boundaries and the background has slightly 
higher variation. However, due to the magnitude of the values (10~^^^), the variations in the image are exaggerated. 

When examining the regions of interest (background and inclusion), it is clear that the reconstruction algorithm estimates 
the values very well. Even with added noise, all of the relative errors between the estimated and true values stay below 1% and 
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Table 1 : Estimates of the background and inclusion of the simulated phantom with one spherical inclusion. HC values are given 
in exponential value (ie. 10"^^^^ is -9 on colorbar) 





Zero Noise 


1/2 MR Noise 


MR Noise 


Background 








Shear Modulus (Pa) 


3006.5 ± 22.7029 


3006.9 ± 22.6093 


3008.4 ±24.631 


Relative Error (%) 


0.217 


0.230 


0.280 


HC(^) 


-8.9869 ± 0.0325 


-8.9798 ± 0.0342 


-8.9551 ±0.054 


Relative Error (%) 


0.145 


0.224 


0.498 










Inclusion 








Shear Modulus (Pa) 


3179.3 ±22.1504 


3173.8 ±25.3778 


3175.6 ±24.659 


Relative Error (%) 


0.647 


0.819 


0.763 


HC(^) 


-8.7649 ± 0.0215 


-8.7792 ± 0.0219 


-8.7438 ±0.0311 


Relative Error (%) 


0.746 


0.910 


0.503 
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Figure 2: Elastograms of a simulated phantom with one spherical inclusion. Top row is shear modulus estimates (back- 
ground=3000Pa, inclusion=3200Pa) with differing levels of Gaussian noise added to the displacements. Bottom row is hy- 
draulic conductivity estimates (background=le-9^y^, inclusion=2e-9^y^) with differing levels of noise. Colorbar for bottom 

images are the estimates' exponents (ie. 10~^^^ is -9 on colorbar) 
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Figure 3: Elastogram of a simulated phantom with two conical inclusions. Top row is estimate of shear modulus (back- 
ground=3000Pa, left inclusion=3200Pa, right inclusion=2800Pa) and bottom image is estimate of hydraulic conductivity 
(background=le-9^^, left incl.=2e-9^^, right incl.=9e-10^^). Colorbar for bottom image is the estimate's exponent (ie. 



10 ^ r^ 1^ _Q ^^ colorbar) 
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also the standard deviations of the regions were less than 1% of the true value. The influence of the level of noise was shown in 
the increasing standard deviation. 

The second phantom involved two conical phantoms of different contrast - one was a stiffer inclusion with a higher HC and 
the second was softer than the background and had a lower HC. It, too, showed high accuracy and good resolution. While the 
point of the cone is slightly rounded, there is still good shear and HC definition for the both the inclusions. 

5 DISCUSSION 

To date, poroelastic MRE reconstructions have assumed that important mechanical parameters have a specific value and are 
homogeneous. The values assumed were based on literature or experimental results, but these 'normal' values can be different 
inter- or intra-subject. For instance, grey and white brain matter will have completely different cellular formations and thus 
could have different stiffnesses and different hydraulic conductivities. 

A reformulation of the FE model allowed for spatially varying poroelastic parameters like hydraulic conductivity and poros- 
ity. The weak form kept p in the divergence operator and changed the resulting weak formulation. The resulting estimates were 
slightly more accurate the estimates taken using the original algorithm. While these simulations had homogeneous material 
properties in distinct regions, this reformulation will improve the reconstructions of phantoms or in vivo tissue more drastically. 

As seen from Figure 2 and Table 1, the current algorithm very accurately estimates shear modulus and HC. Visually, the 
spherical inclusion is clearly delineated for both parameters and the integrity of the elastograms does not suffer much as higher 
levels of noise are added. Due to the lower sensitivity and the magnitude of HC, the noise affects it more than the robust shear 
modulus parameter. For instance, the background HC values fluctuate much more noticeably at 1/2 MR noise than the shear 
modulus values. And at full MR noise, the delineation of the inclusion is starting to distort, even if the values remain close to 
correct. The values shown in Table 1 give averaged values over the inclusion and background regions and give a relative error 
when compared to the expected value. While the error stays < 1% in all cases, it would be even smaller if it were not for the 
transition period that is seen between the inclusion and background. This results from the spatial filtering that is applied to 
the displacements to keep the derivatives stable. A partial volume type effect occurs, causing a higher level of variation in the 
regions of interest. Variations and errors in both regions would be less if a smaller region was analyzed that did not include any 
data near the region boundaries. 

Figure 3 is a more complex simulated phantom that tests the robustness of the code as well as the resolution. Two cones 
of differing contrasts tests the sensitivity of the parameters and how specific a parameter can be when multiple values need to 
be estimated. The resolution of the parameter is tested by having small points at the ends of the cones. The algorithm, again, 
successfully estimates the parameters and also delineates the two cones to high accuracy. 

Hydraulic conductivity could become an important biomarker in diseases of tissues that can be successfully modeled as 
poroelastic environments. The current focus is on neuropathologies like hydrocephalus, Alzheimer's, Parkinson's, and tumors. 
Each of these pathologies has a drastic and distinct influence on the macro- and micro-environment. From a macroscopic 
scale, global tissue properties change due to external problems like in hydrocephalus. From a microscopic scale, the interstitial 
environment is disrupted, like the loss of myelin sheath in Alzheimer's. Estimating a mechanical property and a biphasic 
property allow for a greater understanding of the true effect of the disease. 

6 CONCLUSION 

In elastography, the material models most commonly used in estimating mechanical properties of tissue are linear elasticity and 
viscoelasticity. However, it has been shown that these models are insufficient for tissues like brain that contain a high level of 
fluid infiltrating through pores and that poroelasticity better describes this biphasic environment [15, 25]. Magnetic resonance 
poroelastography has shown to be an improvement in the measurement of porous materials; however, many of the parameters 
in the algorithm are given constant and assumed values based on past literature values or experimental estimates. In most in 
vivo cases, parameters like hydraulic conductivity can change over orders of magnitude based on tissue type or disease. It was 
shown here that it is possible to reconstruct this parameter accurately and precisely. Further, while the effect of noise is more 
drastic in HC than in shear modulus, accurate estimates were gained at MR-level noise. Future work will make this parameter 
more robust and eventually be sensitive enough to accurately estimate in vivo brain tissue. This knowledge will be paramount 
in differentiating between healthy and diseased tissue in many types of neuropathologies. 
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1 ABSTRACT 

Magnetic Resonance Elastography (MRE) is a medical imaging modality which aims to image the mechanical properties of 
tissue. Tissue stiffness maps can be calculated from measurements of the steady-state mechanical response of the tissue unde- 
going a low frequency (40-200Hz) mechanical excitation, which are taken using modified magnetic resonance imaging (MRI) 
sequences. There are two classes of methods to perform this stiffness calculation: Iterative inversion, and Direct inversion. 
Experiments using gelatin phantoms, consisting of a soft background and stiff inclusion, show that both methods accurately 
locate the inclusion. Iterative inversion provides better quantitative accuracy when compared to independent measurements 
using a dynamic mechanical analyzer, however, the computation time is significantly longer than direct inversions (iterative 
methods take hours, whereas direct inversion take seconds). The decision of which method to use for a given application must 
be made by weighing up the advantages of fast computation time for direct inversion against the better quantitative accuracy of 
iterative techniques. 

2 INTRODUCTION 

Magnetic Resonance Elastography (MRE) is a medical imaging modality that aims to produce images of the distribution of 
mechanical properties. The most common property to image is the shear modulus, due to its strong correlation with a range 
of diseases, including cancer [12, 14] cirrhosis of the liver due to hepatitis or alcoholism [4, 2], and several brain diseases 
[5, 11]. The most common approach to MRE is to excite the tissue of interest with some form of mechanical stimulus (usually 
a low frequency harmonic input), which sets up a steady state elastic wave field. An MRI imaging sequence with an additional 
motion sensitizing gradients [21] is then used to measure the amplitude and phase of the steady-state motion for each voxel of 
the tissue. This measurement can be repeated with the motion sensitizing gradient aligned in each of the 3 coordinate directions 
to fully describe the vector displacement of each voxel. Typical imaging times are on the order of 8 minutes per displacement 
direction. 

The next step is to use an algorithm which estimates the mechanical properties using the displacement measurements. The 
mechanical properties and displacements are linked through a partial differential equation (PDE), for example, linear isotropic 
behavior is described by Navier's Equation 



-puj'^u 



V- (ii{Vu^{Vufy) +V(AV-iI), (1) 



where u is the vector displacement, p the density, uj the excitation frequency, fi the shear modulus, and A is the second Lame 
parameter (which is given in terms of the poisson's ratio, z^ by A = jyi^)- The second RHS term of Navier's equation 
deserves special mention at this point due to the problems it can cause. This term governs the propagation of longitudinal 
waves in the medium. Tissue consists primarily of water, hence is close to incompressible (estimates of Poisson's ratio = 
0.4999999 based on the speed of sound have been published [15]). As the incompressible limit is approached, A ^ oo, and 
the divergence, V ■ u ^ 0. As a result, the second RHS term ^ oo x 0, which can cause numerical issues. Physically, there 
is a large imbalance between the propagation speed of the shear wave (governed by the first RHS term), and the longitudinal 
wave (governed by the second RHS term). The temporal frequency of each wave is fixed at the actuation frequency, therefore 
the wavelength of the longitudinal wave also becomes extremely large compared to the shear wavelength. 

Navier's equation is commonly solved for the displacements, given the necessary boundary conditions and mechanical 
property distribution. Standard PDE solution techniques such as the Finite element (FE) method work well for this problem, 
which is known as the 'Forward Problem' in the MRE literature. At Poissons rations above 0.49, special care is required due to 
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numerical issues which cause standard finite element solutions to become numerically unstable. Using stabilized finite element 
forms, the equation can be accurately solved right up to the incompressible limit. [16]. 

Extracting the mechanical properties from Navier's Equation (known as the 'inverse problem') is a more difficult task. 
Simply solving the problem for the unknown properties using the Finite Element method, where the material properties are the 
unknown field variable, and the displacements are treated as known quantities and are used to build the Finite Element matrix 
produces solutions which are highly sensitive to measurement noise. 

There are currently two major classes of algorithms which have been successful in accurately solving the MRE inverse 
problem in the presence of noise associated with MR measurements. Iterative methods use optimization techniques, where an 
estimate of the unknown property distribution is iteratively updated, such that the displacements predicted by solution of the 
forward problem closely match the measured displacements. Iterative techniques produce accurate stiffness images and deal 
with stiffness boundaries well, however a major issue is the computational cost, as hundreds of forward solutions are required 
for each inverse solution. The other approach is Direct Inversion (DI) strategies, which leverage the data rich nature of the MR 
measurements, and solve Navier's equation locally at each point in the volume. Computational cost is not an issue for these DI 
methods. Preprocessing of the data is required to allow the problematic second RHS term of Navier's equation to be neglected, 
and high order derivatives must be numerically evaluated, which can be difficult. 

This paper deals with a direct comparison between Iterative and Direct Inversion MRE algorithms. Data collected from 
gelatin phantoms is used to test the spatial accuracy of the techniques, and comparison with independent Dynamic Mechanical 
Analyzer (DMA) stiffness measurements is used to evaluate the quantitative accuracy. 

3 METHODS 

3.1 Data Collection 

Elastography phantoms were fabricated using porcine skin gelatin, which consisted of a soft background material (5% gelatin 
by weight), and stiffer inclusions (10% gelatin), of various shapes. Time-temperature superposition (TTS) [1] was performed 
on cylindrical samples of the same phantom materials using a TA Instruments Q800 Dynamic Mechanical Analyzer (DMA) to 
provide independent measurements of the shear modulus at 100 Hz. TTS is a technique originally designed for polymers which 
is used to estimate the mechanical response of a material at higher frequencies based on a relationship between the mechanical 
driving frequency and the temperature of the sample. TTS avoids the resonance behavior which often causes erratic results 
during standard dynamic measurements at high frequency (i.e. F > 30Hz) and in soft materials (i.e. /i < 20kPa). 

A pneumatic actuator which consists of an elastic membrane coupled to two sub woofers, driven at lOOHz by an amplified 
signal generator, was used to produce elastic waves in the phantoms (see Figure ??). A 3T Phillips Achieva MR system was 
then used with an EPI sequence [21] to measure the resultant steady state displacement field, on 2mm isotropic voxels. 

3.2 Iterative Inversion 

Iterative methods involve minimizing an objective function, which quantifies the difference between the measured displace- 
ments, u^, and a set of displacements generated by a computational model of the system, u^ with some estimate of the 
unknown material properties, 0. Once the minimum of the objective function is reached, the computational model is the closest 
possible match to the measured data, therefore, assuming the forward model is a good match to the tissue behavior, the current 
estimate of will be close to the true distribution. A common objective function is 



Nm ^ 

(2) 



^ = lyA\^m-^\' 



2^^ 

where Nm is the number of measurements, and vF- is the calculated displacement field (sampled at the measurement points), 
generated using the current estimate of the material properties, d. In order to calculate i?, the necessary boundary conditions 
(EC's) for an elliptic PDF are required. These must be supplied on the entire boundary, and can be either prescribed displace- 
ments (Type I), or prescribed stresses (Type II). Fortunately with MRE, 3D displacements are measured at all points in the 
volume, therefore type I EC's are available for any arbitrary definition of the problem boundary. 

The material properties are then iteratively updated to minimize ^, using gradient descent based optimization techniques, 
such as the Gauss-Newton Method, Conjugate Gradient Method, and the Quasi-Newton Method. Derivatives of <l> required for 
these methods are calculated through modifications to the Finite element forward solution [20, 8]. 

The number of forward solutions required to minimize <l> and produce a solution can number in the hundreds, and a single 
MRE dataset can consist of 100,000+ measurement points. Simply solving one finite element forward problem on a mesh large 
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Figure 1: Schematic representation of subzone concept. The global problem domain is represented by ft, with boundary F, and 
the domain of the subzone is represented by l^^, with boundary F^. Sufficient boundary condition data is available around any 
arbitrarily chosen boundary, therefore, the global problem domain can be broken up into a number of smaller sub-domains for 
more efficient computation. 

enough to accommodate the MRE data can exceed the memory capacity of modern computers, and the number of forward solu- 
tions required for the inverse problem can make the computation time unreasonably long. The extremely heavy computational 
load can be mitigated using the subzone method [20], which take advantage of the full-volume displacement data available in 
MRE. The boundary of the problem can be arbitrarily chosen, so the full problem domain is divided into a series of sub-regions, 
or 'Zones', which are processed independently, and the final material property solution over the full domain is made up of a 
assembly of the individual zone solutions. The subzone concept is illustrated by Figure 1. Each zone an be processed inde- 
pendently of the others, which creates a opportunity for efficient macro-parallelization, where computations for each zone are 
performed on separate processors. The subzone method is described in detail in these papers [20, 17, 19, 18]. 

3.3 Iterative Inversion Algorithm Used in this Study 

The iterative algorithm for this study was subzone based, and used 27 node hexahedral finite elements, with a viscoelastic mate- 
rial model (incorporating a complex shear modulus). Nodally distributed real and imaginary shear moduli were reconstructed, 
using the conjugate gradient method. Typical runtime was 8 hours on 16 processors. 

3.4 Direct Inversion 

Direct inversion MRE algorithms perform local inversions of Navier's equation at each point in the dataset, using numerical 
evaluations of the required spatial displacement derivatives. Usually, locally homogeneous material properties are assumed, 
which simplifies Navier's equation to 

-pcj'^u = iiV'^u + (A + /i) VV • u. (3) 

(see [13] for a relaxing of the local homogeneity assumption). The divergence of the displacements, V • u, describes the volume 
change of the material, which should be extremely small for nearly incompressible materials such as tissue. It is not possibly to 
accurately measure this very small value, divergences created by measurement noise and errors from numerical evaluation of 
the derivatives are much larger than the true value of V • iT, which gives a signal to noise ratio (SNR) << 1. The (A + /i) VV • u 
term in Eq. 5 is further complicated in tissue by the requirement that A ^ oo for a nearly incompressible material. It is possible 
to neglect the term by preprocessing of the data. 

3.4.1 Local Frequency Estimation (LFE) 

A simple method to allow the longitudinal wave term to be neglected is to apply a high pass filter, and recognize that the spatial 
wavelength of the longitudinal wave described by the problematic term is on the order of meters, whereas the shear wavelength 
described by the jiV'^u term is on the order of centimeters [7]. Most of the longitudinal waves should be removed from the data 
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by the high pass filter, therefore the second RHS term of equation 5 can be neglected, leaving 

—pco'^u = jiV'^u. 
This represents three equations for one unknown (/i), and can be written as a matrix-vector system. 



r v^u)! 1 
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which can be solved via linear least squares. 

An alternative derivation of this technique is known as Local Frequency Estimation (LFE) [7, 6]. The inverse problem 
is posed as an image processing problem, where the goal is to extract the local spatial frequency, k, of the shear waves. If 
we assume the wave is traveling along the x direction, the shear modulus can be related to the spatial frequency through the 
relationship 

1 _ 1 ITT 



(6) 



where uo is the actuation frequency. If we assume that the displacement pattern is locally sinusoidal, u 
is valid in regions of homogeneous materials), k can be estimated by 



e 






A sin (/ex + P), which 



(7) 



for a semi-infinite medium, with no boundary effects. Boundary conditions in non-infinite media can lead to wave guidance, 
where the spatial frequency is affected by boundary conditions, as well as the local stiffness of the material. A solution to this 
problem has been proposed using a series of spatio-temporal filters to remove reflected wave contributions [6]. Combining 
equations 6 and 7 leads to an expression which can be solved for /i. 






fi 



-puj'^u. 



(8) 



Equation 8 is the one-dimensional equivalent of Eq. 6. This equation gives accurate results, provided the assumption of local 
homogeneity is met, and wave propagation is in the direction assumed. Performing a similar LFE analysis in 3D leads to the 
same form as Eq. 6. 

3.4.2 Curl-Based formulation 

There is another Direct inversion technique in use which involves a different preprocessing step, then a similar inversion. The 
curl operator is applied to Eq 5, which sets the term (A + /i) VV • il to zero. This leaves the equation 



-pij'^q 



/iV q^ where q = \/xu. 



(9) 



This set of 3 equations is solved for p in an analogous way to equation 6. This approach has the advantage of not requiring a 
high pass filter to remove the effect of the longitudinal wave, the effect is removed from the governing equation mathematically. 
A disadvantage is the extra order of derivative required, 3rd order spatial derivatives must be numerically evaluated, which can 
be problematic in the presence of measurement noise. 

3.4.3 Direct Inversion Algorithm used in this study 

The Mayo clinic provides a high quality LFE package available for download on their website [3]. Options used for this 
program were 3 axis encoding, with a 3D complex LFE inversion, and a gaussian bandpass filter with cutoff limits 2.5 and 40 
wavelengths/FOV. This package has been used in many of the LFE based MRE papers in the literature. Typical runtime is 5-10 
seconds. 



3.5 Comparison of Iterative and Direct Inversions 

3 sets of data collected from gelatin phantoms were processed using both iterative and direct inversion MRE algorithms. 
Actuation amplitudes were modified to provide signal to noise ratios between 3.6 and 30. Individual slices and line profiles 
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near the center of the increased stiffness inclusion were compared to the MR magnitude inclusion to determine the spatial 
accuracy, and manual segmentation of the background and inclusion using the MR magnitude image allowed the quantitative 
accuracy of each inversion technique to be evaluated, by comparison with DMA measurements. 

4 RESULTS 

Figure 2 shows images from 3 phantom datasets. From left to right, images are MR magnitude, iterative MRE stiffness 
estimate. Direct Inversion MRE stiffness estimate images, and a line profile through the inclusion. Table 1 gives the median 
shear modulus of the background and inclusion for the 4 phantom datasets, along with SNR and DMA results. 

Table 1 : Modulus estimates of the background and inclusion shear modulus of the gelatin phantoms shown in figure 2, for 
iterative MRE, Direct inversion MRE, and independent dynamic mechanical analyzer measurements (units of kPa, given as 
median ± standard deviation). Manual segmentation of the inclusion using the MR magnitude image was used to produce the 
MRE values, which use data from the full 3D modulus estimate. 



Background 






Inclusion 




Iterative Inversion Direct Inversion 


DMA 


Iterative Inversion 


Direct Inversion 


DMA 


3.1 ±0.5 3.7 ±1.5 


3.3 ±0.8 


8.3 ± 1.2 


7.9 ± 2.7 


8.8 ±0.9 


3.0 ±0.4 2.9 ±1.0 


3.3 ±0.8 


8.2 ±1.2 


7.2 ± 2.3 


8.8 ±0.9 


2.25 ± 0.35 2.9 ± 0.9 


3.3 ±0.8 


6.0 ± 0.4 


20 ±5 


8.8 ±0.9 



5 DISCUSSION 



Results in gelatin phantoms presented in Fig. 2 show both iterative and direct inversion MRE achieve good spatial accuracy, 
boundaries of the stiff inclusions are clear in the shear modulus images for both techniques. Direct inversion appears to resolve 
the point of the conical inclusion better than iterative inversion, most likely because of the spatial continuity requirement 
enforced by the finite element support of the shear modulus in the iterative inversion algorithm, which is effectively a smoothing 
operation in areas of rapid spatial changes in shear modulus. Numerical accuracy of the iterative inversion is better, direct 
inversion shows both over and underestimation of the inclusion stiffness, however background stiffness estimates were accurate 
for both techniques. 

The choice of which inversion technique to use is dependent on many factors. Obviously, accurate images are desirable so 
that artifacts and inaccuracies do not affect the diagnostic information provided by the images. If this was the only consideration, 
results form this study indicate that iterative inversion would be the most appropriate method. However, another important 
factor is the processing time, where Direct Inversion is orders of magnitude faster than iterative methods (seconds on a desktop 
computer compared to hours on a specialized multi-processor cluster). The iterative algorithm used in this study is not optimized 
for speed, development of robust convergence criteria could cut down on unnecessary iterations, and more efficient optimization 
strategies could also provide a speedup, however processing time would likely still be on the order of hours. Faster inversions 
fit much better into a clinicians workflow, MRE processing could be performed immediately after imaging, rather than having 
to wait hours for processing to be complete. Each MRE application must decide whether the better quantitative accuracy of 
iterative inversion is worth the increase in computational load and processing time. 

Iterative methods have the advantage of being able to use different material models, such as poroelasticity [9, 10], which 
regarded as an appropriate model for fluid saturated materials such as brain tissue. There is currently no comparable direct 
inversion technique for poroelastic materials such as brain tissue, due to the increase in complexity of the governing constitutive 
equation. 

A more detailed analysis of the advantages and disadvantages of iterative and direct inversion MRE, involving a larger 
collection of phantoms, and in vivo biological data is required to provide enough information to allow the important decision 
of which inversion strategy to use to be made. This work is currently underway. 
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MR Magnitude 



Iterative Inversion 



LFE Inversion 




Figure 2: A collection of 3 separate gelatin phantom experiments, at a range of signal to noise ratios. The leftmost image 
shows the MR magnitude image, which show the true geometry of the phantoms. DMA measurements of the phantom material 
are 3.3 ± 0.8 kPa for the soft background (5% gelatin), and 8.8 ± 0.9 kPa for the stiff inclusions (10% gelatin). The second 
image from the left is the iterative MRE stiffness estimate, the 3rd image is the LFE estimate, and the rightmost plot is a profile 
through the inclusion, where the location is indicated by a red line on the MR magnitude image. The DMA estimate is shown 
as a black line. 
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ABSTRACT 

Traumatic brain injuries (TBI) are common, and often lead to permanent cognitive impairment. Despite the prevalence and 
severity of TBI, the condition remains poorly understood. Computer simulations of injury mechanics offer enormous 
potential for the study of TBI; however, computer models require accurate descriptions of tissue constitutive behavior and 
brain-skull boundary conditions. Magnetic resonance elastography (MRE) is a non-invasive imaging modality that provides 
quantitative spatial maps of tissue stiffness in vivo. MRE is performed by inducing micron-amplitude propagating shear 
waves into tissue and imaging the resulting motion with a specialized "motion-sensitive" MRI pulse sequence. Invoking a 
restricted form of Navier's equation these data can be inverted to estimate material stiffness. As such, clinical interest in 
MRE has largely been driven by the direct empirical relationship between tissue stiffness and health. However, the so-called 
"raw" MRE data themselves (3-D displacement measurements) and calculated strains can elucidate loading paths, anatomic 
boundaries and the dynamic response of the intact human head. In this study, we use the MRE imaging technique to measure 
in vivo displacement fields of brain motion as the cranium is exposed to acoustic frequency pressure excitation (45, 60, 80 
Hz) and calculate the resulting shear-strain fields (2-D). 

INTRODUCTION 

Traumatic Brain Injury, Diffuse Axonal Injury, and Shear Strain 

The US Centers for Disease Control and Prevention estimate that each year 1 .7 million Americans suffer a traumatic brain 
injury [1]. The prevalence of TBI is surely related to the variety of ways one can subject the brain to insult. Most TBI cases 
are caused by one or more of the following events: direct physical contact with an external rigid body, inertial loading due to 
linear or angular acceleration of the head, or external pressure loads (i.e. blast wave). 

Traumatic brain injury (TBI) due to explosive blast may lead to permanent cognitive impairment, though the mechanism of 
injury remains poorly understood. In blast, the mechanical insult is an external pressure wave interacting with the outside of 
the skull; mechanical strain is likely the key kinematic parameter for injury. Despite the importance of brain deformation 
mechanics in TBI, little is known with confidence about strain patterns in injury. The relationship between extra-cranial 
forces and internal brain tissue response has been a topic of research since the early 1940's [2-7], yet little remains known 
about strain amplitudes and patterns that result from specific external forces. Computer simulations of injury mechanics offer 
enormous potential for diagnosis and prevention of TBI, but their validation requires direct comparison with experimental 
data. 

In this study, we use MRE to measure human brain tissue motion in vivo as the cranium is exposed to acoustic frequency 
pressure loading of known amplitude. The unique features of this study are i.) knowledge of the external loading (pressure 
amplitude), ii.) quantification of the brain's response in terms of mechanical strain, and iii.) characterization of brain-skull 
filtering properties over multiple frequencies . 
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Magnetic Resonance Elastography 

Magnetic resonance elastography (MRE) is a non-invasive imaging technique for quantitative measurement of the 
mechanical properties of biological tissue [8]. In essence, externally applied forces are used to excite propagating waves in 
tissue, and displacements are imaged by encoding spin phase. 

To perform MRE the standard nuclear magnetic resonance imaging (MRI) method is modified to measure displacements due 
to wave propagation. The basic data in MR images are the radio-frequency (RF) signals produced by the precession of 
nuclear spins; ^H is the predominant nucleus of interest in biological imaging. An MRE pulse sequence contains additional, 
temporally- varying, "motion-sensitive" magnetic-field gradients which produce changes in spin-emitted RF signal phase that 
are proportional to spin displacement. These changes in spin phase can be measured throughout the imaging volume, 
producing displacement fields of high spatial resolution. Components of displacement in any direction can be measured by 
applying the motion-encoding gradients along that direction. To date, clinical interest in MRE has largely been driven by the 
direct empirical relationship between tissue stiffness and health. However, the so-called "raw" MRE data themselves (3-D 
displacement measurements) and calculated strains can elucidate loading paths, anatomic boundaries and the dynamic 
response of the intact human head. 

Insight into Brain Injury Biomechanics through MRE 

Previous works by McCracken and colleagues [4, 9] identified transient wave propagation MRE as potential tool for studying 
TBI, but to date no study has analyzed raw MRE displacement data to examine the mechanical response and deformation 
mechanisms of the brain in terms of strain. As such, this study uses MRE, to illuminate the mechanical behavior of brain 
tissue while the skull is subjected to acoustic pressure waves. Results obtained will be applicable for characterization of 
mechanical features of both the brain and skull, as well as the validation of computer models. The strain amplitudes imposed 
for imaging in this study are much less than any known threshold for inducing TBI; however, result obtained provide 
valuable insight into the filtering properties of the skull as well as the ability of brain matter to dissipate mechanical energy. 

METHODS 

Acquisition of Spatiotemporal Wave Fields 

Tissue displacements were acquired with a specialized motion-encoding, gradient-recalled echo (GRE) NMR imaging pulse 
sequence (Figure 1). 
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Figure 1: The specialized gradient-recalled echo (GRE) magnetic resonance pulse sequence used for data acquisition. 
In addition to the standard RF and magnetic-field gradient events required to create a GRE MRI, a trapezoidal 
motion-encoding gradient (MEG) is included. The MEG event and the mechanical actuation signal are temporally 
shifted by the parameter (D. By varying the delay, ^, temporal variations in the wave field are recorded (cf. Figure 2). 
In this example, a 1-cycle MEG (dashed) is shown on each gradient channel. As a result, motion-encoded phase 
images are acquired with contrast proportional to displacements perpendicular to an oblique plane in the imaged 
body. 

The physics of measuring harmonically-varying displacement fields with NMR spin-phase accumulation is described in 
detail by Muthupillai et al. [10]; however the key points are summarized briefly in this section. Consider a single ^H proton 
spin packet undergoing harmonic mechanical excitation in the presence of a harmonic, motion-encoding magnetic-field 
gradient, Gi(t), parallel to an orthogonal reference coordinate /. The shift in NMR signal phase, 6i, at position XQ,yQ,ZQ, is 
governed by the following equation: 



where, in our experiments Gi (t) takes the following form: 



(no sum on /) 



(1) 
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Here the duration of the apphed gradient is 7 = 2nn/a), Ui(xQ,yQ,ZQ) and ilj(xQ,yQ,ZQ)siYQ the amplitude and phase of the 
displacement component of the spin packet at this location and o) is the mechanical actuator driving frequency; y is the 
gyromagnetic ratio of ^H nuclei (protons). The synchronization delay, O, is an additional temporal phase shift between the 
motion of a particular spin packet and the motion-encoding gradient. If multiple phase images are acquired, each with a 
different synchronization delay (corresponding to a fraction of the actuation period), a time history of spin phase is measured 
(Figure 2). 
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Figure 2: Imposed harmonic brain motion is acquired by the MRI scanner at four equally spaced phase offsets, €>/ , 
through one actuation cycle. 

Each displacement component, i.e.,iii 1^2,1^3 , can be imaged if the experiment is repeated three times and the motion- 
encoding magnetic-field gradients are aligned to a different axis of an orthogonal reference coordinate system each time. The 
amplitude of each spin-packet displacement component, Ui(xQ,yQ,ZQ), can be determined directly from the amount of spin 
phase accrued, 6i(xQ,yQ,ZQ,(^), since the amplitude, frequency, and duration of the applied motion-encoding gradient, Gi(t), 
are known. 

Acquisition of Human Data 

Human studies were conducted at 1.5 T on three healthy male subjects, aged 21-30 years-old (mean: 23.7 yr) at actuation 
frequencies of 45, 60, and 80 Hz. MRE data were collected using a MAGNETOM Avanto (Siemens) series whole-body 
clinical scanner equipped with a phased-array head coil. Imaging parameters: TR/TE: 138/27.5 ms, flip angle: 25°, NEX: 1, 
resolution: 3 mm^. 
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Figure 3: (Top row) T2-weighted sagittal images of each subject's brain. The dashed line indicates the approximate 
location and angle of the oblique imaging plane relative to anatomical features. (Bottom row) Elastography magnitude 
images of the oblique slice plane for each subject. 

A single transverse-oblique shce of motion encoded data was acquired for each subject through the central (I/S) cerebrum, cf. 
Figure 3. All experimental protocols were approved by the institutional Human Research Protection Office Internal Review 
Board to ensure that the rights and welfare of each research participant were protected. 
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The imaging procedure was repeated three times with different motion-encoding, magnetic field gradient orientations to 
record three orthogonal displacement components (ui, U2, U3) relative to the oblique imaging plane. The absolute peak 
motion-encoding gradient amplitude was 25 mT/m, nominally, for all test frequencies and spin-phase was accrued over a 
single gradient cycle. All data were acquired with a temporal resolution of four points per actuation cycle. Total scan time per 
subject was approximately 21 minutes. In this time, all motion components were acquired and for each actuation frequency. 
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Figure 4: (Left) An active acoustic driver produced an oscillatory pressure wave which was transmitted to each 
passive actuator pad via flexible tubing. Passive actuator pads were positioned on the subject's skull near the left and 
right pterion bones and afflxed via elastic bandage (not shown). (Right) Acoustic pressure was measured via 
transducer embedded in the tubing. A typical waveform is shown. 

Motion was induced in the brain using an acoustic actuation system (Resoundant^^, Resoundant Inc.) modified slightly so 
that a single active driver could power two passive drivers with equal amplitude and phase. Each passive actuator was 
positioned on the subject's skull near the left and right pterion bones and affixed with an elastic bandage (not shown), cf 
Figure 4. The actuation system was configured to transmit a 4, 6, and 8 cycle pressure- wave train synchronized with the 
MRE sequence at 45, 60 and 80 Hz, respectively. Imposed acoustic pressure loads were measured with the PCB Piezotronics 
model 103B01 dynamic pressure sensor. 

Data processing 

Motion encoded MR data were obtained using switched-polarity encoding acquisition scheme to remove systematic phase 
errors and enhance displacement contrast. This scheme increases the displacement contrast by a factor of two since two 
motion-encoded images, each with opposite polarity, are required. Phase-contrast images were obtained by complex division 
of positive and negative polarity phase images, and converted into units of length. Sensitivity factors of 5.63 (45 Hz), 7.66 
(60 Hz), and 10.6 |Lim/rad (80 Hz) data were calculated by numerical integration of Equation 1 - taking into consideration 
actual gradient performance specifications. 



Data were filtered with a 3 x 3 kernel median filter and circular, 4th-order Butterworth bandpass filter (high cut: 2.14 cm, low 
cut: 40.0 cm). Displacement gradients and shear angles were observed to be small for all experiments performed; therefore, 
the 2-D infinitesimal strain tensor was calculated. 



^ij =\ (^ij+^7,0 ^^'i = ^'2). 



(3) 



Shear-strains were evaluated in terms of the root-mean-squared (RMS) scalar quantity and normalized by the RMS applied 
pressure load. Pressure-normalized RMS shear-strains were evaluated in two fashions for each subject: i.) globally - across 
all brain matter, and ii.) regionally - in three concententric ring-like zones, in hopes of illuminating the dispative properties of 
brain tissue. 
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RESULTS 



The RMS acoustic pressure supplied to each actuator pad was calculated over the duration of each scan to be 0.54, 0.76, and 
1.2 Pa at 45, 60, and 80 Hz. Example displacement and shear strain fields are shown for one subject in Figure 5. 




Figure 5: Brain deformation and strain maps for subject S008. (Row 1-2) The in-plane displacement components are 
shown for each actuation frequency column-wise. Yellow bars denote the approximate location of the L/R acoustic 
pads. (Row 3) The in-plane shear-strain component of the inHnitesimal strain tensor is presented. The £72 shear-strain 
clearly reveals the emergence of a propagating shear wave due to extracranial acoustic loading. 
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Figure 6: Mean global RMS shear strain normalized by RMS excitation pressure for each subject. 

Mean RMS shear strains for each subject, normalized by input RMS pressure, are shown in Figure 6. At 45 Hz, the global 
strain amplitude in subject S008 is significantly higher than subjects SO 13 and SO 14. On the other hand, at 80 Hz the global 
strain amplitude is approximately equal across all subjects. 
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Figure 7: Mean regional RMS shear strain normalized by RMS excitation pressure, all subjects (n=3). Error bars 
signify one standard deviation. (Outset) Regions 1-3 are color-coded for each subject. 



Mean regional RMS shear strains, normalized by input RMS pressure, are shown in Figure 7. At 45 Hz, the strain amplitude 
reaches 217 jis per Pa of applied pressure in the outer ring of this imaging plane; at 80 Hz the response is approximately 58 
jLis per Pa, reflecting reduced transmission. 
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DISCUSSION 

When the skull exterior is subjected to symmetric acoustic pressure loading, concentric elliptical shear strain (812) bands are 
produced in brain tissue, cf. Figure 5. Shearing strains that propagate inward from the skull boundary towards the center of 
the brain predominate; however, we also observe motion emanating outward from the anterior and posterior falx. We believe 
this behavior can be attributed to reflections from interior structures (the falx cerebri between the brain hemispheres, and the 
tentorium between cerebrum and cerebellum). 

The frequency response of each subject exhibits a consistent pattern: with increasing frequency the amplitude of strain in the 
brain interior decreases. These data provide basic insight into the filtering properties of the skull, as well as the strain-rate 
dependent (energy-absorbing) mechanics of brain tissue. The data in Figure 7 are direct measures of strain attenuation. For all 
driving frequencies, the average normalized strain response in each region decreased with increasing distance from the brain- 
skull boundary. However, it is clear that the observed shear waves do not simply propagate radially inward from the skull. 
The mechanisms of transmission and attenuation of waves by specific anatomical structures will be a topic of future studies. 

There is subject-to- subject variation in the measured internal brain response, cf Figure 6. Further studies should explore the 
possible effects of differences in the age and anatomy of the subjects, but image plane orientation, actuator- skull contact, and 
brain volume between subjects may also contribute. The quantitative and qualitative features of the response offer insight into 
brain attachment and the filtering effects of the skull to acoustic pressure loading. These results highlight the importance of 
understanding skull transmissibility and brain boundary conditions in the response to blast. 

CONCLUSION 

MRE-based displacement measurements and input pressure data, provide new insight into the study of blast biomechanics. 
Symmetric acoustic pressure excitation of the human skull leads to propagation of shear waves in the brain. The magnitude 
and phase of these oscillations relative to known pressure excitation can be used to validate computer models and to 
illuminate fundamental mechanical properties of the skull, brain, and associated intracranial anatomy in vivo. Future work 
will investigate the response to alternative loading locations, and will include acquisition of data from multiple contiguous 
slices of brain. This will permit through-image-plane derivatives to be calculated, allowing all components of the 3-D strain 
tensor to be calculated. 
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ABSTRACT 

Details about custom built experimental set up to perform uniaxial and biaxial tests on planar soft tissues are presented. This 
displacement controlled set up can apply and measure loads ranging up to 100 N. The surface deformation is determined 
from tracking markers in 3D space using 2 CCD cameras. Discarded valve tissue from patients undergoing valve replacement 
surgery were collected and stored at 4'^C in normal saline and experiments were completed within 24 hours from harvest. 
Uniaxial tests on aortic valve leaflets and biaxial tests on mitral valve leaflets were conducted. Results show that the 
deformation of these tissues is not homogeneous. The principal stretches in the plane orthogonal to the direction of stretching 
in the uniaxial stretch experiment are not the same but the principal directions do not change much with loading. Further, the 
results show that both the valve leaflets are compressible. The loading and unloading path is nearly the same and is not 
sensitive to the rate of displacement when it is varied between 200|im/s and 800|im/s. These results have implications in the 
development of constitutive models for these tissues. 

1. Introduction 

Cardiovascular diseases claim around 17.1 million lives a year worldwide. Valve disease which requires replacement of 
valves occurs in approximately 0.25 million people worldwide [1]. The knowledge on the etiology of the valve diseases is 
very limited, although valve replacements have increased the life expectancy of patients with valve disease [1]. Though there 
are two semilunar and atrio-ventricular valves each, much of the studies on valves have been limited to aortic valve and 
mitral valve [2] because they are the most problematic valves that require surgical intervention or replacement more 
regularly. Recently, Sacks et al. [2] has reviewed the literature concerning the biomechanics of heart valve function. 

In this study, we report results of experiments that we performed to arrive at the constitutive relation for the diseased aortic 
and mitral valve. There have been studies devoted to the mechanical response of normal aortic [3-6] and mitral [7-11] valves, 
but to the knowledge of the authors there are none on diseased valves. Knowing the constitutive relation for diseased valves 
would be useful for two reasons. One, it would help answer the question whether the diseased valve can be repaired. Two, as 
and when the growth and remodeling framework becomes available, knowledge of both the initial and fmal states would 
allow one to conjure the causes for this fmal state and possible preventive strategies against the valve getting damaged. 

While the aortic valve leaflet is subjected to uniaxial stretch, mitral valve leaflet is subjected to both uniaixal and biaxial 
stretch experiments. From these we fmd that the deformation of both the valve leaflets is not homogeneous. Contrary to what 
is assumed in the literature [9] we fmd that these valves are compressible. The loading and unloading paths are nearly the 
same and the rate of stretching when increased by 4 times produced nearly the same response, suggesting that these leaflets 
are undergoing a non-dissipative process. These observations have implications on the development of constitutive relations 
for these valve leaflets. 

2. Material and Methods 

2.1 Details of the Experimental Setup 

This experimental set-up to perform multi-axial mechanical tests consists of three subsystems. First, a video based system 
that allows 3D tracking of surface markers. By tracking the movement of the surface markers during the experiment the 
deformation field is found from which the principal stretch ratios are obtained. This system consists of two charged couple 
device (CCD) camera(AVT GUPPY F-146 B) with 1390 by 1040 pixel resolution, each connected to a PCI card (AVT 1394a 
adapter) and a micro-lens (NAVITAR zoom 6000 lens with 3mm fine focus and internal coaxial illuminator attached to a Ix 
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adapter) whose magnification can be varied from 0.7x to 4x. The lens with a working distance of 92mm, has a field of view 
of 10mm at 0.7x magnification and 2mm at 4x magnification. The depth of field also varies from 1mm at low magnification 
to 0.1mm at high magnification. The camera can capture at most 17 frames per second. While one of the camera is vertical, 
the other is inclined at 45 degrees in the vertical plane (see figure - 1). The camera and the lens are mounted on damped 
mounting rods using a custom designed mounting system. 

Second subsystem consists of a suit of computer controlled linear translation stages to apply the required multi-axial loads. 
Two stages are used along each of the two mutually orthogonal directions (see figure 1) to perform displacement controlled 
bi-axial tests on planar specimens. As seen in figure 1, on top of each of these stages, manually controlled precision stages 
(25mm travel, 0.01mm resolution) is provided for each of the two directions to allow positioning of the specimen accurately 
in the field of view of the cameras. The computer controlled linear translation stages (Holmarc Opto-Mechatronics) has a 
100mm travel with 0.5 micron precision and its velocity can be set between Ifj^m/s to 6mm/s. The stepper motor used in the 
translation stage can apply a maximum force of 100 N at its peak velocity. The motor controller communicates with the 
computer using a RS-232 port. By appropriately actuating these stages uniaxial extension/compression, biaxial 
extension/compression, rigid body translations can be achieved. 

The final subsystem is the data acquisition system. It consists of two load cells (Honeywell-Sensotec Model 3 IE) and a 18 bit 
analog to digital converter (UEI model PowerDNA with DNA-AI-208 as input layer), which can take 8 voltage input signals 
and whose sampling rate can be varied between 1 to 8000 samples per second is used for sensing the applied load . The data 
acquisition system communicates with the computer through the ethernet interface. After, a preliminary study on the 
expected load that needs to be applied to engender a stretch ratio of 1.2 in the tissue one of the two types of load cells one 
that can measure loads up to 200N in both tension and compression and the other measures 2.5 N is used. The reported 
deviation from linearity for the load cells is less than 0.15 percent over the full range and resolution limited by only the 
analog to digital convertor. All these subsystems are connected to HP Workstation XW4600 with Intel Core 2 Duo processor 
running at 2.66 GHz and having 4GB RAM. 




Figure 1 (a) Photograph of the experimental set up (1. Bread board, 2. Stepper Motor Controller (W,X,Y & Z axes) 
3. Data acquisition system, 4. Vertical camera and lens, 5. Inclined camera and lens, 6. Z-axis motorized stage, 
7. W-axis motorized stage, 8. Y-axis motorized stage, 9. X-translational stage, 10. Y-translational stage, 
11. Z-translational stage, 12. Sample, 13. Saline Container, 14. Load cell) (b) Calibration wedge 



2.2 Details of the Software Modules 

Software for simultaneous operation (video, motor, DAQ) and synchronous acquisition of data (video, load) from this 
hardware has been developed in LAB VIEW. The experimental protocols are completely automated by separate software 
modules. Each of these modules has many sub-modules whose details are given below in the order of their execution. 
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2.2.1 Load Cell Calibration 

The main functionality of this module is to fmd the relationship between applied load and the voltage output from the load 
cells. This relationship between the applied load and developed voltage being linear, the two parameters (slope and intercept) 
that characterize the linear relationship, is alone determined through calibration and stored in a text file for later use. 

2.2.2 Reference Configuration 

This module controls the video system and the DAQ system. It acquires images containing the surface markers from the 
vertical and inclined cameras and stores their centroid locations. Also it acquires data from DAQ and stores the initial 
readings of the load cell. All these data namely the centroid positions of the surface markers from the cameras, the computed 
thickness values and the load cell readings are stored in a text file at the end of the recording. 

2.2.3 Motor Actuation 

This model controls the stepper motors and actuates them to induce uniaxial/biaxial extension or rigid body translation of the 
specimens. The strain rate is set by controlling the speed of the motors. While for uniaxial test only two of the stepper motors 
are actuated, for the biaxial test all the four motors are actuated. Using this module cyclic test with specified number of cycles 
can be performed. Apart from this, the module has all the functionalities of the reference configuration module and so as the 
motors load/unload the specimen it also acquires data from the cameras and load cells simultaneously and stores the load and 
the location of the centroid of the markers in a text file at the end of the protocol. 

2.2.4 Video Calibration 

Here a calibration wedge (see figure 1) containing markers separated by 2mm along the horizontal direction and by 1.5mm in 
the vertical direction is imaged in both the vertical as well as the inclined camera. Then, the relationship between the 3D 
coordinates of these markers and the two projections of these markers onto the imaging plane is established off-line. Since, 
here we need to just record the centroid of stationary markers, which is what we do while recording the reference 
configuration too, the same reference configuration recording module is used for video calibration. 

2.3 3D Reconstruction from Two Perspective Views 

The video subsystem has to be calibrated so as to obtain the 3D coordinates of the markers from two perspective views. This 
is achieved using global reconstruction techniques. The relationship between 3D coordinates of the centroid of the markers 
referenced with respect to a laboratory coordinate system (X,Y,Z) and its 2D coordinates obtained by projecting it on to the 
imaging surface and referenced with respect to the camera coordinate system ((u , v^) or (u\ V) depending on which camera is 
being referred to) is assumed to be linear, i.e., 

P'^X = u^-o\ (1) 

where k can be v or z, referring to the vertical camera and the inclined camera respectively, X denotes the 3D coordinates of 
the centroid of the marker, u^ denotes the 2D projected coordinates of the centroid of the marker on the ]i^ camera, o^ denotes 
the 2D projected coordinates of the origin of the laboratory coordinate system on the plane of the imaging surface of the ]i^ 
camera, P^ denotes the projection matrix for the U^ camera. The projection matrix is a 2 by 3 matrix. Thus, for each camera 
we have to find 8 constants (6 in the projection matrix(i^/^) and 2 corresponding to the projected coordinates of the origin of 
the laboratory coordinate system). For this we require the coordinates of the centroid of at least four non-coplanar markers 
both in the laboratory coordinate (X) and the projected camera coordinate system (u^). Usually more than 4 markers are used 
to find the eight constants and hence these calibration constants are found in a least square sense. 

During the experiment we need to find the 3D coordinates of the centroid of markers, X, given the two 2D coordinates of the 
projections of them onto the imaging surface. For this the relation (1) has to be inverted. However, now there are four 
equations with just three variables. Hence, these equations are also solved in least square sense to obtain the 3D coordinates 
of the centroid of the markers. 

The assumption that the relationship between the laboratory coordinates and the projected camera coordinates is linear holds 
only if the camera lens provides uniform magnification over the depth of view and there is no distortion in the field of view. 
The validity of these assumptions is verified later by examining if the stretch ratios become 1 when the body is subjected to a 
rigid body translation along any axis. It is found that the stretch ratios deviate from the expected value by ±10"^ and the 
invariants, to be defined next, by ±10"^ due to these rigid body translations, irrespective of the axis, as long as one is in the 
depth and field of view. Hence, it is concluded that the relationship between the laboratory coordinates and the projected 
camera coordinates is linear and that the accuracy of the measured stretch ratios is ±10"^. 
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2.4 Determination of Deformation Gradient 

In this work, 9 to 1 5 markers are placed on the surface of the valve tissue and are tracked as the specimen is loaded. In 
general, it is not possible to experimentally determine the exact deformation field by tracking 12 markers (or for that matter 
even a larger number of markers), we can at most get a reasonable approximation of the deformation field and its gradient 
locally. However, we can verify if the observed deformation field is consistent with that theoretically predicted. Since, we are 
going to stretch the valve along two axis; we expect that the deformation field be homogeneous. This prompts us to assume a 
deformation of the form: 

x = a^^+ a^^X +a^^Y+ a^Z, y= Uy +ayX +ay^Y+ UyZ, z= a/ +a,^X +a,^Y+ a^Z, (2) 

where (X,7,Z) are the Cartesian coordinates of the centroid of a marker in the reference configuration and (x,y,z) are the 
Cartesian coordinates of the centroid of the same marker in the current configuration, ai, ay and a^ (for / = {0, \,l,li}) are 
constants. Knowing the location of five markers in the current and reference configurations, we obtain ai, ay and a^ , by 
solving equation (2) in the least square sense. 



Then, the matrix components of the deformation gradient, F is computed as: 

.2 ^3A 



F = 



1 



a\ 



It is now straightforward to compute the right Cauchy-Green deformation tensor, C = F*F and its invariants: 



/7 = tr(C), 



/2 = tr(C-0, 



h = det(C). 



Sometimes, we find it illustrative to quantify the deformation in terms of the following stretch ratios: 

\ = ^JPl -> ^2 = ^jPi •> ^3 = V ^3 

where />7,/>2,/'i are the principal values of the right Cauchy-Green deformation tensor, C. 



(3) 

(4) 
(5) 



Before proceeding further a few comments have to be made. Since, we are tracking markers in 3D space, and the markers are 
not on the same plane, we are able to estimate all the nine components of the deformation gradient. However, since all the 
markers are on the surface of the valve tissue, the determined deformation gradient is for the surface of the valve tissue. Also, 
though the constants a^, ay and a^ could be found using just four markers, it resulted in larger errors because the volume of 
the tetrahedron with these four markers at its corners is small that the noises get magnified. Consequently, we use five 
markers to find the unknown constants in the deformation field (2). We observe that comparing the invariants of the Cauchy- 
Green deformation tensor is necessitated because one cannot ensure that the laboratory coordinates is the same between the 
specimens that are tested and therefore one cannot compare the components of the deformation gradient. One cannot ensure 
that the laboratory coordinates is the same between the experiments because the calibrating wedge dimension is small (12 
mm X 7.5 mm x 10 mm), it is difficult to orient it accurately in the same direction each time. Of course any invariants could 
be used. 

2.5 Materials 



T able - 1 : Details of Aortic Valve Samples teste d 



Sample 
No 


Age 
(Years) 


Sex 


Length 
(mm) 


Width 
(mm) 


1 


31 


F 


15 


10 



Table - 2: Details of Mitral Valve Samples tested 



Sample 

No 


Age 
(Years) 


Sex 


Length 
(mm) 


Width 
(mm) 


1 


20 


F 


30 


30 


2 


27 


F 


30 


30 


3 


64 


M 


30 


25 


4 


36 


F 


30 


20 


5 


36 


M 


33 


20 


6 


24 


F 


31 


15 




Figure 2: Close up view 
of the mitral valve tissue 
in uniaxial test set up 
with markers in the 
middle 




Figure 3: Arrangement 
of viable markers for 
uniaxial test of aortic 
valve 
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Diseased Aortic and Mitral Valves from patients undergoing heart valve replacement surgery were collected from Fortis 
Malar Hospital Chennai and stored at 4°C in normal saline and experiments were completed within 24 hours from harvest. 
The details of the samples tested are given in tables 1 and 2. The sample is tied using a thin metallic wire of diameter 0.3 mm 
to the hooks provided in the attachments made on the motor stage (see figure 2). Then, more than 9 markers are placed in the 
center of the tissue within the area of 4mm^. After the marker has dried the tissue is immersed in normal saline and all the 
experiments are conducted in the immersed condition. 
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Figure 4: Plot of (a) /; -3 (b) I2 -3 (c) I3 -I vs. uniaxial load for aortic valve when stretched at the rate of 200 |im/s 
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Figure 5: Plot of (a) XjA (b) X2-I (c) X3-I vs. uniaxial load for aortic valve when stretched at the rate of 200 |im/s 
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Figure 6: Plot of the orientation of principal directions (a) Ui (b) n2 (c) n3 with the laboratory x - axis vs. uniaxial load for 

aortic valve when stretched at the rate of 200 |im/s 
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Figure 7: Plot of (a) Ij^-3 (b) l2^-3 (c) Is^-l vs. uniaxial load for aortic valve when stretched at the rate of 800 |im/s 
3. Results and Discussion 



While on each aortic leaflet only uniaxial tests were done on mitral valve leaflets both the uniaxial and biaxial tests were 
conducted. For biaxial tests the stretch along one direction is held fixed and that in the other orthogonal direction is cyclically 
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stretched between 1 and 1.2 times its original length along the stretching direction. In uniaxial tests reported here the 
specimen is stretched to 1.15 times its original length along the stretching direction. 

3.1 Aortic Valve Leaflet 

While figure 4 plots the variation of the invariants when the aortic valve is stretched uniaxially, figure 5 plots the variation of 
the stretch ratios along three principal directions of C for the same experiment. Figure 6 plots the variation of the principal 
direction for this experiment. We do these for various selections of markers whose configuration is given in figure 3. It can 
be seen from these graphs that the deformation is not homogeneous, since different marker selections lead to different values 
for the invariants. This may be because the leaflets are inhomogeneous. Further it is evident from figure 4c that the aortic 
leaflet is compressible, since det(C) is not equal to 1, even approximately. Also, from figures 5b and 5c we infer that ^2 and 
^3 are not same. Moreover, even though the stretch applied is 1.15, we observe stretches up to 1.7. This could be an artifact of 
the deformation being inhomogeneous. Moreover, from figure 6 we find that the principal directions do not change 
appreciably with applied load, implying the material under observation is isotropic or anisotropic with fiber orientation along 
the loading direction. These observations suggest that modeling the heterogeneous structure of the leaflet is important. 
Comparing figure 4 with figure 7 where the only difference is the rate of stretching, we find that there is no visible difference 
when the rate of stretching increased by 4 times. Consistently, we find that the loading and unloading paths are not widely 
different. These suggest that the valve is undergoing a non-dissipative process. 



3 
2 

CO 

' 1 


1 1 



-1 


V — 


• 4-5-6^7-8 
. 4-5-7-9-10 
1-4-5-7-8 


( 


D 

1 ni^f 





V-ui^ 


- ( 


- 1 


4-5-6-7-8 
. 4-5-7-9-10 
1-4-5-7-8 


I 
1 
1 

1 


1 

M^ 


1 

1 
1 


1 1 
1 1 



0.2 
Load (N) 



(b9-4 



^ • 4-5-6-7-8 
. ■ 4-5-7-9-10 
1-4-5-7-8 


1 


:ymr\z 


1. -^- ^ 



0.2 
Load (N) 



(c9' 



c 



Figure 8: Plot of (a) /; -3 (b) I2 -3 (c) I3 -I vs. uniaxial load for mitral valve when stretched at the rate of 200 |im/s 
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Figure 10: Plot of the orientation of principal directions (a) Ui (b) n2 (c) n3 with the laboratory x - axis vs. uniaxial load for 

mitral valve when stretched at the rate of 200 |im/s 
3.2 Mitral Valve Leaflet 

While figure 8 plots the variation of the invariants when the mitral valve is stretched uniaxially, figure 9 plots the variation of 
the stretch ratios along three principal directions of C, for the same experiment. Figure 10 plots the variation of the principal 
directions for this experiment. We do these for various selections of markers whose configuration is given in figure 15a. It 
can be seen from these graphs that the deformation is not homogeneous, since different marker selections lead to different 
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values for the invariants. This may be because the leaflets are inhomogeneous. Further it is evident from figure 8c that the 
mitral valve leaflet is compressible, since det(C) is not equal to 1, even approximately. 
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Figure 15: Arrangement of viable markers for (a) uniaxial test (b) 
biaxial test of mitral valve 



Also, from figures 9b and 9c we infer that X2 and A.3 are not same. Moreover, even though the stretch applied is 1.15, we 
observe stretches up to 1.7. This could be an artifact of the deformation being inhomogeneous. Moreover, from figure 10 we 
find that the principal directions do not change appreciably with applied load, implying the material under observation is 
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isotropic or anisotropic with fiber orientation along the loading direction. These observations suggest that modeling the 
heterogeneous structure of the leaflet is important. 

Thus, qualitatively the response of mitral valve to uniaxial stretch is similar to that of the aortic valve leaflet. However, 
quantitatively their responses are different. Though all the tested mitral valve leaflets show qualitatively similar response as 
the sample 6, whose response is presented here, quantitatively they are different. 

Figure 1 1 plots the variation of the invariants when the mitral valve is stretched biaxially holding the stretch along one 
direction fixed and cyclically stretching along a direction perpendicular to the direction along which the stretch ratio is held 
fixed. Figure 12 plots the variation of the stretch ratios along three principal directions of C and figure 13 plots the variation 
of the principal directions for this experiment. We do these for various selections of markers whose configuration is given in 
figure 15b. It can be seen from these graphs that the deformation is not homogeneous, since different marker selections lead 
to different values for the invariants. This may be because the leaflets are inhomogeneous. Further it is evident from figure 
lie that the mitral valve leaflet is compressible, since det(C) is not equal to 1, even approximately. Also, from figures 12 we 
infer that none of the principle stretch ratios is constant. Moreover, even though we stretched the leaflet only up to a stretch 
ratio of 1.2, locally the tissue seems to have been stretched even up to a stretch ratio of 2. This may be because of the 
heterogeneous nature of the tested specimen. Further, from figure 13 we find that the principal directions do not change 
significantly with applied load, implying the material under observation is isotropic or anisotropic with fiber orientation 
along the loading direction. 

In this work, we presented the results in terms of the load rather than the stress because the stress distribution is non-uniform. 
The thickness of the specimen varies, thus making the stress distribution non-uniform. Hence, we are exploring on ways to 
characterize the non-uniform stress distribution. 

These results suggest that contrary to what is assumed in the literature [9], these valve leaflets are compressible. Further, it 
seems that it is important to consider the heterogeneous nature of these tissues. These have implications with respect to the 
development of the constitutive relation for these leaflets. 
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ABSTRACT 

Bio-prosthetic heart valves (BHV) have complex geometry, and their normal function involves interactions 
between the leaflets and the supporting stent, thus, the alteration of tissue mechanical properties can have a 
confounding influence on the stress distribution throughout the valve. Recently, structural models have been 
proposed to capture the nonlinear, anisotropic mechanical properties of native and engineered tissues. This 
anisotropic behavior arises as a consequence of inherent structural heterogeneity present in tissue arising from 
regional variations in fiber orientation and density. In this study, we utilize a nonlinear fiber-based structural model 
to evaluate the impact of the leaflet properties on the stress distribution of a pericardial BHV. Valve deformations 
under 120 mmHg hydrostatic pressure are simulated with various perturbations of the tissue properties including 
the collagenous fiber orientation, as well as the fiber and matrix stiffness, in addition to perturbations of the stent 
elastic modulus. The maximum principal stress of the valve leaflets under each condition was normalized with 
respect to that of a 45 degree fiber orientation and the original un-perturbed material constants. The results 
indicated that the valve leaflet peak stress can be reduced, provided the proper manipulation of the structure and 
property of tissue constituents. These results can provide guidelines to engineer and design leaflet tissues to 
improve valve durability. 

INTRODUCTION 

Artificial heart valves have been used for over five decades as replacements for diseased heart valves and have 
saved millions of lives. Over 50 different valve designs have been developed, yet despite their widespread use, 
there remains no optimal design. Currently, bioprosthetic heart valves (BHVs) made from biologically-derived, 
glutaraldehyde-treated bovine pericardium or porcine aortic leaflets, continue to be the dominant replacement 
valve modality due to their superior hemodynamic function. However, BHVs are only recommended for patients 
who are 65 years or older, due to concerns of long-term durability \ 

The main factors contributing to the limited durability of BHV have been identified as: ^'^ 1) cuspal mineralization 
and calcification, causing cuspal stiffening, and 2) non-calcific cuspal damage, including mechanical fatigue and 
possible proteolytic degradation of the collagenous extracellular matrix. Studies have shown that mechanical 
fatigue damage alone can be a major clinical cause of BHV failure ^. The regions of tearing and calcification in 
BHVs correlate with the regions of high tensile and bending stresses ^'^. Therefore, stress concentrations within 
the leaflet can either directly accelerate tissue structural fatigue damage, or initiate calcification by causing 
structural disintegration, thus enabling multiple calcification pathways that lead to valve failure ^'^ . 
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Studies have shown that changing the valve design can affect the magnitude and distribution of stress acting on 
the valve leaflets. For example, results by Cacciola et al.^ indicate that for a polymer valve, a stentless design 
could reduce peak leaflet stresses by up to 80% for a sinusoidal fiber reinforcement layout with respect to a 
stented valve with the same fiber reinforcement. Similarly, studies on surgical BHVs have shown that a flexible 
leaflet attachment stent, with radial stent-tip deflection, reduces the peak stress on valve leaflets ^'^\ The effects 
of using different leaflet material models have also been investigated by Patterson et al. ^^, who compared the 
effects of using linear and nonlinear isotropic models of leaflets. Burriesci et al. ^^ studied the effects of orthotropy 
of a pericardial heart valve and found that even a small amount of orthotropy can significantly affect the 
mechanical behavior of the valve. 

In our previous study ^'^, we developed a computational pericardial BHV model and nominal valve deformations 
under 120 mmHg hydrostatic pressure were simulated and rigorously validated by experimental data. Built upon 
the aforementioned model, in this study, we utilized a nonlinear fiber-based structural model to evaluate the 
impact of leaflet properties on the stress distribution of the BHV. Various perturbations of tissue properties, 
including various fiber orientations, as well as fiber and matrix stiffnesses were performed. In addition, we also 
studied the impacts of valve stent-tip deflections on the valve leaflet stress distribution. 

METHODS 

BHV Leaflet Material Model 

A hyperelastic constitutive law, based on the anisotropic fiber-based formulation by Holzapfel et al. ^^, was 
developed to define a strain energy function that incorporates both matrix and fiber components, with independent 
contributions of two or more fiber families of distinct orientations. Briefly, following the concept of pseudo- 
elasticity, the symmetric 2"^ Piola-Kirchhoff stress, S, can be derived from a strain energy function, W, through: 

5 = f (1) 

where C is the right Cauchy-Green strain tensor. For computational convenience, a multiplicative decomposition 
of the strain energy function is performed into a volumetric part, U, and a deviatoric part, W. The deviatoric part, 
W, is further decomposed into a contribution from the elastin matrix of the composite, W^ , and a contribution 
from the collagen fibers, Wf. Therefore, the total strain energy function can be described as, 

W=(l- Cf)W^ + CfWf + U (2) 

where, Cf is the fiber volume fraction. As detailed elsewhere ^^, the overall constitutive law is given as: 

W=(l- 9)Ci(exp(C2(/i - 3)) - 1) + 9|((exp(^2(/4 " 1)') " 1) + (expfeC/'e " 1)') " 1)) + ^(/ " 1)' (3) 

where Cf is fiber volume fraction ratio, Ci, C2, ki, k2, and D are material constants. Ti, 74 and /g are deviatoric 
strain invariants, and J is the volume ratio before and after deformation. The material constants of the model were 
obtained by fitting the model to biaxial testing data of glutaraldehyde treated bovine pericardium (GLBP) that was 
previously reported by Sun et al. ^^ using the Marquardt-Levenberg nonlinear regression algorithm. 

Simulation of Biaxial Tissue Responses 

To evaluate the effects of varying the fiber orientation, as well as the fiber and matrix stiffness on the mechanical 

18 

response of the tissue, load-control biaxial testing simulations were performed in ABAQUS . The biaxial testing 
simulation model consisted of 400 plane stress CPS8R elements giving a specimen geometry of 25 mm x 25 mm 
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X 0.4 mm (Fig. 1). Four evenly spaced node forces, with 5 mm between two adjacent nodes and 2.5 mm inside 
the specimen edge, were imposed on each side (Fig. 1). Each node force was 2.5 N, imposing a net total of 1 
MPa Lagrangian stress on each edge. Similar to the actual experimental biaxial testing setup ^^, only the central 
region of the specimen was considered for stress-strain measurements. This was accomplished by averaging the 
stress and strain tensor components for sixteen elements located in the center of the FE model, delimiting a 5 mm 
X 5 mm region. 
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Figure 1 - 

peak load. 



(a) Diagram of a biaxial test specimen and (b) simulated biaxial test specimen stress distribution at 



BHV Finite Element Model 
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The BHV finite element model was developed previously by Sun et al. (Fig. 2). Briefly, tri-leaflet BHVs are 
fabricated from GLBP sheets that are die-cut to form leaflets, which are then mounted onto a metal stent. In the 
finite element model the stent was constructed using beam elements. The wireframe was assigned a Young's 
modulus of 2.33x10'' kPa and a Poisson ratio of 0.3. The leaflets were attached to the valve stent and modeled 
using large strain brick elements. Each leaflet had its own local coordinate system for material property definitions 
that are fully defined by the constitutive law, Eq. (3), and incorporated into the user subroutine UMAT. Details of 
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the constitutive model implementation into ABAQUS have been previously presented . It was assumed that 
each leaflet can be modeled with one set of material parameters, which was supported by experimental findings 
^^. The contact between two leaflets was modeled using a master-slave contact pair (an option in ABAQUS). The 
leaflet that was stiffer in the radial direction was assigned as the master surface while the other was specified as 
the slave surface. A quasi-static approach was used to analyze the deformation of the model from a stress-free 
position to a fully loaded configuration by applying a uniform pressure to the aortic side of the leaflet (Fig. 2). 
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Undeformed valve 




Figure 2 - An overlay plot of undeformed and 
deformed valve finite element models, 
showing stress distribution of Maximum 
Principal Stress under a valve closing 
pressure of 120 mmHg. 



FE Parametric Analysis 
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In this study, we first examined the effects of fiber orientations, thus, the effects of fiber orientations of 15, 30, 45 
and 60 degrees with respect to the leaflet circumferential direction were simulated. Afterwards, we fixed the fiber 
orientation at 45 degrees and perturbed the tissue matrix and fiber stiffness parameters, i.e., matrix stiffness Ci, 
fiber stiffness ki and /C2. In addition, we also perturbed the Young's modulus of the stent wireframe to induce 
varying degrees of stent-tip deflection. The complete list of parameter perturbations are given in Table 1 . 

Table 1. 



CI 



C2 
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Kl 



K2 



Fiber Orientation Stent Modulus (E) 
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RESULTS/DISCUSSION 

As shown in Fig. 3, substantial alterations of tissue anisotropy and compliance could be induced by changing fiber 
orientation and fiber/matrix mechanical properties. When tissue fibers are aligned at a 45 degree angle with 
respect to the 11 axis (the 11 axis is equivalent to the circumferential direction in the valve leaflet), the tissue 
responses from the two loading axes of the biaxial simulation (Fig. 1) are identical. Thus in Fig. 3a, only one 45 
degree stress-strain curve is illustrated. It can also be seen from Fig. 3a that the fiber orientation determines the 
tissue compliance in a certain direction, for example, the 15 degree fiber orientation would induce a stiffer tissue 
response in the 11 axis than that of the 30 degree fiber orientation. In addition, it is apparent from Fig. 3a that a 
fiber orientation of a smaller angle would induce a higher degree of tissue anisotropy, e.g., the 15 degree angle 
fiber orientation would give a higher degree of tissue anisotropy than would the 30 and 45 degree fiber 
orientations. 

Tissue matrix and fiber stiffness also have a significant influence on the overall tissue stiffness. Interestingly, the 
overall tissue compliance is predominately determined by the tissue matrix stiffness, whereas changing the fiber 
stiffness does not appear to induce substantial changes in the tissue compliance. 
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Figure 3 - Predicted tissue mechanical responses when varying the (a) fiber orientation and the (b) fiber and 
matrix stiffness in the model of Eqn (3) in a simulated equi-biaxial loading condition. 

Figure 4a-c shows that changes in the BHV design parameters can significantly alter the stress distribution 
throughout the valve. The maximum principal stress on the valve leaflets under each perturbation condition, as 
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illustrated in Fig. 4d, was normalized with respect to that of the BHV with 45 degree fiber orientation and the 
original un-perturbed material constants. The maximum principal stress in each scenario was in proximity of the 
leaflet commissures (Fig. 4 a-c). Interestingly, as shown in Fig. 4d, alterations of the K1 and K2 fiber stiffness had 
the most dramatic effect on the maximum principal stress in the BHV leaflets, yet the biaxial response of GLBP 
with the unperturbed parameters is nearly identical to those with altered fiber stiffness. Similarly, increasing the 
matrix stiffness by 5x made the GLBP biaxial specimen significantly stiffer in the 11 direction, however it did not 
have a significant impact on the maximum principal stress in the BHV leaflets. These discrepancies demonstrate 
the confounding relationships between the design parameters in the complex BHV environment as compared to 
the biaxial testing conditions. Reduction of the stent elastic modulus by 40% resulted in the greatest reduction of 
the max principal stress in the leaflets (-6.88%). Overall, the results indicated that the max principal stress in the 
leaflets may be reduced by increasing the matrix stiffness, decreasing the fiber stiffness, or reducing the stent 
modulus. 
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Figure 4 - Contour plot of the max principal 
stress in the BHV with (a) 45 deg fiber 
orientation and unperturbed material 
parameters, (b) 0.6x elastic modulus of valve 
stent, and (c) 10x K2 fiber family stiffness, (d) 
Comparison of predicted valve peak stresses 
at a fiber orientation of 45° with other 
perturbations of tissue mechanical properties, 
including fiber orientation and fiber/matrix 
properties, as well as stent properties. 



It should be noted that a reduction in the leaflet stresses does not necessarily mean that the valve will be more 
durable. For example, increasing the fiber stiffness may increase the stress in the leaflets, but as the fibers act to 
reinforce the GLBP material, this may increase the leaflet durability regardless of the increase in stress. The 
stress distribution on the leaflets with respect to the fiber orientation is also critical in evaluating the BHV 
performance. 

In the future we will conduct a probabilistic study to allow for the systematic analysis of multiple design 
uncertainties and the coupling effects between them. Probabilistic distribution functions for these design variables 
will be utilized as random variable inputs, in contrast to the deterministic approach adopted in this study, to 
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accurately quantify the sensitivity of each design parameter, as well as the coupling effects between GLBP tissue 
properties, BHV geometry, and stent properties for BHV design optimization. 
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ABSTRACT 

Details about custom built experimental set up to perform inflation tests at constant length on blood vessels are presented. 
Using this displacement controlled set up we can apply and measure pressures up to 100 kPa and axial loads ranging up to 
100 N. The surface deformation is determined from tracking twelve markers in 3D space using 2 CCD cameras. Discarded 
vein tissue from patients undergoing Coronary bypass surgery were collected and stored at 4°C in normal saline and 
experiments were completed within 24 hours from harvest. Inflation tests at different axial stretch ratios on saphenous vein 
were conducted. Results show that the deformation of the vein is not axially symmetric. These suggest that the vein is 
inhomogeneous and/or residually stressed not only in the radial direction, but also in the circumferential and/or axial 
direction. The loading and unloading path is not different, suggesting that the vein is being subjected to non-dissipative 
process. Checking for the incompressibility condition, results show that the vein is compressible. These results have 
implications in the development of constitutive models for the vein. 

Introduction 

The great saphenous vein (GSV) is the large (subcutaneous) superficial vein of the leg and thigh and is used widely in 
coronary artery bypass grafting (CABG). In order to understand how it adopts to changes in its mechanical environment it is 
important to know the stress and deformation field experienced by this vein due to the altered mechanical environment. For 
this one requires to develop a constitutive relation for these veins [1, 2]. These constitutive relations would help determine 
how the graft material has to be handled by the surgeons so that the vein does not get damaged [3]. Because of these needs 
mechanical tests on GSV has been performed [3-7] but to the knowledge of the authors a constitutive relation for the same 
has not been reported. This article details experiments conducted on GSV towards arriving at a constitutive relation. Though 
salient conclusions pertaining to the development of a constitutive relation is arrived at, no such relation is proposed. It is 
found that the GSV is compressible and is heterogeneous and residually stressed not only along the radial direction but also 
along the circumferential and/or axial direction. These have implications in the development of constitutive relation for the 
vein. 

2 Material and Methods 

2.1 Details of the Experimental Setup 

The experimental set-up to perform inflation tests at constant length consists of three subsystems. First, a video based system 
that allows 3D tracking of up to 12 surface markers. By tracking the movement of the surface markers during the experiment 
the deformation field is found from which the principal invariants of the right Cauchy-Green deformation tensor is obtained. 
This system consists of two charged couple device (CCD) camera(AVT GUPPY F-146 B) with 1390 by 1040 pixel 
resolution, each connected to a PCI card (AVT 1394a adapter) and a micro-lens (NAVITAR zoom 6000 lens with 3mm fine 
focus and internal coaxial illuminator attached to a Ix adapter) whose magnification can be varied from 0.7x to 4x. The lens 
with a working distance of 92mm, has a field of view of 10mm at 0.7x magnification and 2mm at 4x magnification. The 
depth of field also varies from 1mm at low magnification to 0.1mm at high magnification. The camera can capture at most 17 
frames per second. While one of the camera is vertical, the other is inclined at 45 degrees in the vertical plane (see figure - 1). 
The camera and the lens are mounted on damped mounting rods using a custom designed mounting system. Second 
subsystem consists of two computer controlled linear translation stages to apply axial displacement and a syringe pump to 
inflate the arteries. As seen in figure 1, on top of each of these stages, manually controlled precision stages (25mm travel, 
0:01mm resolution) is provided for each of the two directions to allow positioning of the specimen accurately in the field of 
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view of the cameras. The computer controlled linear translation stages (Holmarc Opto-Mechatronics) has a 100mm travel 
with 0.5 micron precision and its velocity can be set between Ifim/s to 6mm/s. The stepper motor used in the translation stage 
can apply a maximum force of 100 N at its peak velocity. The motor controller communicates with the computer using a RS- 
232 port. By appropriately actuating the motors uniaxial extension/compression can be achieved. The syringe pump (Cole 
Parmer) can deliver 60m/ of fluid at flow rates ranging between 0.73 jul/hr to 2100 ml/hr. The motor running the pump can 
apply a maximum linear force of 135A^ at the minimum velocity. The pump communicates with the computer through RS- 
232 port. 

The final subsystem is the data acquisition system (DAQ). It consists of a load cell (Honeywell- Sensotec Model 3 IE), a 
pressure transducer (Honeywell-Sensotec, Model LM) and a 1 8 bit analog to digital converter (UEI model PowerDNA with 
DNA-AI-208 as input layer), which can take 8 voltage input signals and whose sampling rate can be varied between 1 to 
8000 samples per second is used for sensing the applied loads. The data acquisition system (DAQ) communicates with the 
computer through the ethemet interface. The load cell can measure loads up to 200N in both tension and compression. The 
reported deviation from linearity for the load cell is less than 0.15 percent over the full range and resolution limited by only 
the analog to digital convertor. The pressure transducer is rated to measure gage pressures up to lOOkPa with an accuracy of 
50Pa (0.5 percent over the full scale). All these subsystems are connected to HP Workstation XW4600 with Intel Core 2 Duo 
processor running at 2.66 GHz and having 4GB RAM. 




Figure 1. (a) Photograph of the experimental set up (1. Bread board, 2. Data acquisition system, 3. Pressure 
sensor, 4. Syringe pump, 5. Stepper Motor Controller (W,X,Y&Z-axes), 6.Z-axis Motorized Stage, 7. Inclined 
camera and lens, 8. Vertical camera and lens, 9. Manual X-translation stage, lO.W- axis Motorized Stage 
11. Load cell), (b). Calibration Wedge 

2.2 Details of Software Modules 

Software for simultaneous operation (video, motor, DAQ) and synchronous acquisition of data (video, load) from this 
hardware has been developed in LAB VIEW. The experimental protocols are completely automated by separate software 
modules. Each of these modules has many sub-modules whose details are given below in the order of their execution. 



2.2.1 Load Cell Calibration 

The main functionality of this module is to fmd the relationship between applied load (pressure) and the voltage output from 
the load cells (pressure transducer). This relationship between the applied load and developed voltage being linear, the two 
parameters (slope and intercept) that characterize the linear relationship, is determined through calibration and stored in a text 
file for later use. The load cell is calibrated using a 400 N digital spring balance with a resolution of 0.1 N. A 
sphygmomanometer with a resolution of 266 Pa is used to calibrate the pressure transducer 
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2.2.2 Reference Configuration 

This module controls the video system and the DAQ system. It acquires images containing the surface markers from the 
vertical and inclined cameras and stores their centroid locations. Also it acquires data from DAQ and stores the initial 
readings of the load cell. All these data namely the centroid positions of the surface markers from both the cameras and the 
load cell readings are stored in a text file at the end of the recording. 

2.2.3 Syringe Pump Module 

This module controls two stepper motors and the syringe pump. The stepper motors are actuated to axially stretch the blood 
vessels to a predetermined value then the syringe pump is actuated to inflate the blood vessel. By controlling the speed at 
which the motors are actuated and the infusion/withdrawal rate of the syringe pump the rate at which the blood vessel is 
deformed can be altered. Using this module cyclic inflation tests at constant length or cyclic axial extension test at constant 
pressure with user specified number of cycles can be performed. Apart from this, the module has all the functionalities of the 
reference configuration module. So as the pump (or motors) load/unload the specimen it also acquires data from the cameras 
and load cells simultaneously. It then stores the load and pressure values and the location of the centroid of the markers in a 
text file at the end of the protocol. 

2.2.4 Video Calibration 

Here a calibration wedge (see figure lb) containing markers separated by 2mm in the horizontal and 1.5mm in vertical 
direction is imaged in both the vertical as well as the inclined camera. Since, here we need to just record the centroid of 
stationary markers, which is what we do while recording the reference configuration too, the same reference configuration 
recording module is used for video calibration. Then, the relationship between the 3D coordinates of these markers and the 
two projections of these markers onto the imaging plane is established off-line. 

2.3 3D Reconstruction from Two Perspective Views 

The video subsystem has to be calibrated so as to obtain the 3D coordinates of the markers from two perspective views. This 
is achieved using global reconstruction techniques. The relationship between 3D coordinates of the centroid of the markers 
referenced with respect to a laboratory coordinate system {X,Y,X) and its 2D coordinates obtained by projecting it on to the 
imaging surface and referenced with respect to the camera coordinate system (i(ii , v^) or (ji, V) depending on which camera is 
being referred to) is assumed to be linear, i.e., 

P^X = u^-o\ (1) 

where k can be v or z, referring to the vertical camera and the inclined camera respectively, X denotes the 3D coordinates of 
the centroid of the marker, u^ denotes the 2D projected coordinates of the centroid of the marker on the U^ camera, o^ denotes 
the 2D projected coordinates of the origin of the laboratory coordinate system on the plane of the imaging surface of the kth 
camera, P^ denotes the projection matrix for the li^ camera. The projection matrix is a 2 by 3 matrix. Thus, for each camera 
we have to find 8 constants (6 in the projection matrix(i^/^) and 2 corresponding to the projected coordinates of the origin of 
the laboratory coordinate system). For this we require the coordinates of the centroid of at least four non-coplanar markers 
both in the laboratory coordinate (X) and the projected camera coordinate system (u^). Usually more than 4 markers is used 
to find the eight constants and hence these calibration constants are found in a least square sense. 

During the experiment we need to find the 3D coordinates of the centroid of markers, X, given the two 2D coordinates of the 
projections of them onto the imaging surface. For this the relation (1) has to be inverted. However, now there are four 
equations with just three variables. Hence, these equations are also solved in least square sense to obtain the 3D coordinates 
of the centroid of the markers. 

The assumption that the relationship between the laboratory coordinates and the projected camera coordinates is linear holds 
only if the camera lens provides uniform magnification over the depth of view and there is no distortion in the field of view. 
The validity of these assumptions is verified by examining if no strain is developed due to rigid body translation along any 
axis. It is found that the invariants deviate from the expected value by ±10"^ due to these rigid body translations, irrespective 
of the axis, as long as one is in the depth and field of view. Hence, it is concluded that the relationship between the laboratory 
coordinates and the projected camera coordinates is linear and that the accuracy of the measured invariants is ±10"^. 

2.4 Determination of Deformation Gradient 

In this work, 9 to 12 markers are placed on the surface of the vein and are tracked as the specimen is loaded. In general, it is 
not possible to experimentally determine the exact deformation field by tracking 12 markers (or for that matter even a larger 
number of markers), we can at most get a reasonable approximation of the deformation field and its gradient locally. 
However, we can verify if the observed deformation field is consistent with that theoretically predicted. Since, we are going 
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to inflate the vein; we expect that the deformation field be axially symmetric and hence uniform on the surface. This prompts 
us to assume a deformation of the form: 



■a^^+a^^X+a^^Y+a^^Z, 






}X+a/Y+a/Z, 



I 



^X+a,^Y+a,^Z, 



(2) 



where {X,Y,Z) are the Cartesian coordinates of the centroid of a marker in the reference configuration and (x,j,z) are the 
Cartesian coordinates of the centroid of the same marker in the current configuration, a^, ay and a^ (for / = {0,1,2,3}) are 
constants. Knowing the location of five markers in the current and reference configurations, we obtain aj, ay and aj , by 
solving equation (2) in the least square sense. 



Then, the matrix components of the deformation gradient, F is computed as: 
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It is now straightforward to compute the right Cauchy-Green deformation tensor, C = F*F and its invariants: 

Ij^ = tr(C), // = tr(C-^ // = det(C). (4) 

Before proceeding further a few comments have to be made. Since, we are tracking markers in 3D space, and the markers are 
not on the same plane, we are able to estimate all the nine components of the deformation gradient. However, since all the 
markers are on the surface of the vein, the determined deformation gradient is for the surface of the vein. Also, though the 
constants aj, ay and aj could be found using just four markers, it resulted in larger errors because the volume of the 
tetrahedron with these four markers at their comers is small that the noises get magnified. Consequently, we use five markers 
to find the unknown constants in the deformation field (2). We observe that comparing the invariants of the Cauchy-Green 
deformation tensor is necessitated because one cannot ensure that the laboratory coordinates is the same between the 
specimens that are tested and therefore one cannot compare the components of the deformation gradient. One cannot ensure 
that the laboratory coordinates is the same between the experiments because the calibrating wedge dimension is small (12 
mm X 7.5 mm x 10 mm), it is difficult to orient it accurately in the same direction each time. Of course any invariants could 
also be used. But there is some merit in using the invariants defined in (4). Any deviation of I 3^ from 1 indicates that the 
material is compressible. Further, if the deformation gradient, F is singular then /^^ would be close to and l2^ be a large 
number. The deformation gradient would become singular if the markers selected to find the deformation field happened to 
lie nearly on a plane. Thus, the validity of the determined deformation field could also be ascertained by using the invariants 
defined in equation (4). 



2.5 Materials 

Discarded Saphenous veins from patients undergoing coronary artery bypass surgery were collected from Fortis Malar 
Hospital Chennai and stored at 4°C in normal saline. The experiments were completed within 24 hours from harvest. Details 
of the specimens tested are tabulated in table 1 . Test samples were connected using plexiglass ferrules on both the ends and 
then connected to 2-way stopcock. This arrangement again connected to the 3 -way stopcock. The vein is inflated by pumping 
saline through the syringe pump at one end and the other end of the sample is connected to the pressure transducer. Markers 
are placed in the middle portion of the vein using water insoluble eyeliner ( see figure 2). 
Table 1 : Details of vein samples tested 



Sample 

No 


Age 
(Years) 


Sex 


Length 
(mm) 


Diameter 
(mm) 


Wall 

thickness 

(mm) 


1 


67 


F 


40 


4.0 


0.5 


2 


63 


M 


25 


5.0 


0.5 



!• 


29 (a) 


1« 


2» ( 


39 


49 5 • 


3« 


49 5 


6« 


T 8 • 


6« 


7 


9« 


10«11« 








12« 




8» 9 



(b) 




'1 

Figure 2: Arrangement of markers for (a) sample 1 
(b) sample 2 



Figure 3: Close up view of the vein connected to 
the plexiglass ferrules with markers in the middle. 
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3. Results and Discussion 

On each of the specimen, inflation tests at constant but five different axial stretch ratios, 1, were performed. The inflation 
pressure was cycled between to 200 mm Hg (approximately 26 kPa) eight times while the vein being held at constant 
length. In each of this test the deformation field, the applied negative of the radial component of the normal stress and the 
axial load applied to ensure that the length of the vein is constant are measured simultaneously for all the eight cycles of 
loading and unloading. The negative of the radial component of the normal stress at the inner surface of the vein is hence 
forth called as pressure here. The pressure was increased by infusing normal saline at a constant rate of 10 ml/hr. The 
pressure was decreased by withdrawing normal saline at the same constant rate. The five different stretch ratios at which the 
vein was held are 1, 1.05, 1.10, 1.15 and 1.20. Some of the results are shown in figures 4 through 7 and in figure 9. 
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In figures 4 through 6 we plot the invariants as a function of pressure for sample 2. Also, in these figures we plot the variation 
of these invariants as determined using three different sets of five markers. The configuration of the markers is given in figure 
2. If the deformation is axially symmetric and does not vary along the axis, then the value of the invariants would not depend 
on the choice of markers used to estimate them. However, it is clear from the figures 4 through 6 that the value of the 
invariants depends upon the choice of markers. Here it is pertinent to observe that the error in the estimated invariants is 
±0.02 as is evident from figure 8. This error in the estimated invariants is arrived at by translating a balloon along the 
horizontal direction as a rigid body and computing the invariants for this motion. Ideally, the invariant Ip and I^ should be 3 
and if should be 1 . Deviation from this value is deemed as error in the estimated invariants. 

The observation that the invariants of the Cauchy-Green deformation tensor are not a constant on the surface of the vein is 
significant for the following reason. Saravanan [8] showed that if this happens then the vein should be heterogeneous and/or 
residually stressed in the axial and/or circumferential direction. 
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It can be seen from figure 6 that if is not 1, as it should be if the vein is incompressible. Thus, we conclude that the vein is 
compressible. It should be noted that we are checking the compressibility of a small chunk of the solid material that 
constitute the wall of the vein, namely the region occupied between the markers used to estimate the deformation field and 
not the overall volume change in the vein. 

From the figures 4 through 6 and figure 9 it is evident that the loading and unloading paths are not different in the GSV. 
However, if we look at figure 7, where the axial load required for maintaining the vein at constant length while inflating and 
deflating is plotted, we find that the axial load required for maintaining the axial length decreases with increasing number of 
cycles of inflating and deflating pressure. Moreover, this being a displacement controlled set up when the vein is brought 
back to its original length after eight cycles of pressurization, the axial load becomes negative (see figure 7b and 7c). These 
suggest the artery has stress relaxed along the axial direction, a viscoelastic phenomenon. Hence, it appears that the vein is a 
special kind of viscoelastic material that stress relaxes but does not dissipate in cyclic loading or an anisotropic viscoelastic 
material with differing viscoelastic properties along the radial and axial directions. 
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Figure 4 through 6 also capture the variation in the invariants with increasing axial stretch ratio. Here we find that as the axial 
stretch ratio increases, the value of 7;^ decreases, that of /2^ increases and I 3^ decreases. However, unlike some of the other 
blood vessels [2], the axial load increases with increasing pressure for all stretch ratios at which the vein is held fixed. 
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While figures 4 through 7 depict the response of sample 2, figure 9 shows the response of sample 1 . Comparing these figures 
we observe that sample 1 has been stretched more for the same pressure since the value of //^ and /^^ realized are greater for 
this sample. Also, the variation in the invariants with spatial location is more pronounced in sample 1. These markedly 
different responses is at the least surprising given the work of Donovan et al. [4] because the factors that are known to affect 
the mechanical property of these saphenous veins is different between these two samples. 

Following the work of Saravanan [8] and the observation here that the residual stresses could vary even along the 
circumferential and axial directions we did not measure the opening angles of these veins. This is because if the residual 
stresses vary even along the circumferential and axial direction a radial cut will not relieve the residual stresses and hence 
making opening angle measurement is of little use. On the other hand if the residual stresses vary only along the radial 
direction, Saravanan [8] showed that inflation test itself can be used to infer the residual stresses. 

Further we observe that if the vein is anisotropic, then reporting the three invariants as done here alone would not suffice to 
characterize the vein. Ways to address this lacuna is being explored. 

Conclusion 

Our studies seem to suggest that the saphenous vein is compressible. Further, we observe that the deformation gradient 
evaluated at the surface of the vein varies circumferentially and axially, suggesting that the material response functions 
and/or residual stresses can depend on circumferential direction or axial direction or both. These have implications with 
respect to the development of the constitutive relation for these veins. Thus, at Indian Institute of Technology Madras, a 
systematic study of soft tissues has just begun with the necessary infrastructure being created. It is hoped that on testing more 
samples and development of constitutive relations for these tissues, the factors that influence the mechanical response of the 
soft tissues like age, sex, food habits, etc. can be quantified and correlated. 
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ABSTRACT 

Glaucoma is one of the leading causes of blindness in the world. Evidence suggests that the stress 
generated in the eye wall by an elevated intraocular pressure plays a role in damaging the vision- 
transmitting retinal ganglions cells. However, the relationship between the connective tissue's 
mechanical properties and how it affects the cellular function is not understood. The purpose of this 
study was to measure the inflation response of intact C57/BL6 (control) mouse sclera to increases in 
intraocular pressure, comparing old (11 month) and young (2 month) animals. Mouse eyes were 
enucleated, mounted by the cornea to a custom fixture, cannulated and immersed in PBS. An active 
feedback, pressure-controlled syringe pump inflated the cannulated eyes in a series of load-unload and 
ramp-hold creep tests. A CCD video camera attached to a microscope imaged the expanding scleral 
surface at 0.5Hz. Scleral displacement was measured with a digital image correlation program. After 
testing, fresh tissue thickness measurements were taken on scleral slices at multiple locations. An 
optimized inverse finite element analysis was performed to fit a non-linear anisotropic material model to 
the experimental data, and material parameters are compared between groups. 

INTRODUCTION 

The connective tissue of the eye wall serves to protect delicate internal ocular structures and to resist 
deformation caused by fluctuations in intraocular pressure (lOP). The load-bearing eye wall consists of 
the anterior cornea and the posterior sclera. Both cornea and sclera are collagen rich structures with 
preferentially aligned collagen lamellae dictating its mechanical response. Experimental and theoretical 
studies that explored the mechanical characteristics of these connective tissues give evidence to suggest 
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that scleral material properties may influence the onset of glaucoma [1-4]. Open-angle glaucoma is the 
progressive loss of vision due to the death of retinal ganglion cells (RGCs). These neurons bundle 
through the back of the sclera via the optic nerve head (ONH) to transmit visual information to the brain. 
It is known that intraocular pressure (lOP) plays an important role in the damage to RGCs [1-3], 
however the relationship between the mechanical properties of the scleral connective tissue and how it 
affects RGC death is not well understood. Despite recent therapeutic advances to reduce vision loss in 
glaucoma patients, the rate of blindness remains high [5, 6]. 

The focus of this paper is to discuss an experimental and modeling study that quantifies scleral material 
properties measured for a bulge inflation response of an excised and intact mouse sclera. The mouse 
model was pursued because of the ability to mechanically test tissue that has been altered through age, 
disease, and genetic manipulation, and to determine how each of these factors influences the 
deformation response of scleral tissue to increases in lOP. The experimental methodology for the mouse 
sclera bulge tests has been described in detail in Myers et al. [7], and the nonlinear, anisotropic, 
distributed fiber material model that was used to fit the data has been described in Nguyen and Boyce 
[8]. This paper details the inverse finite element method and optimization scheme that was employed to 
fit the material model to measured scleral edge displacements for different aged wild-type C57BL/6 
mouse sclera. The resulting best- fit material parameters were compared between different aged animals. 

METHODS 

Inflation tests were conducted on intact ex-vivo mouse eyes using a method previously described 
elsewhere [7]. Three 2 month old and three 1 1 month old C57BL/6 mouse scleral specimens were tested. 
Briefly, eyes were enucleated, cleaned of orbital fat and muscle, mounted by the cornea to a custom 
fixture, cannulated and immersed in PBS. A programmable pressure-controlled syringe pump inflated 
the cannulated eyes in a series of load-unload tests to 2kPa (ISmmHg) and ramp-hold creep tests to 2, 4 
and 6kPa. A CCD video camera (Pt. Grey Research GRAS-20S4M/C) attached to a microscope (Zeiss 
Stemi) imaged the expanding scleral surface at 0.5Hz (5|Lim/pixel). Scleral displacement for locations 
adjacent to the ONH to the holder was measured with a DIG program (Vic 2D, Correlated Solutions 
Inc.). After testing, fresh tissue thickness measurements were taken on scleral slices at multiple locations 
under a light microscope. Because mouse scleral tissue has a varying thickness profile and contains a 
stress concentration at the optic nerve head, a finite element (FE) model of the scleral specimens was 
developed to determine the complex stress state of the posterior portion of the eye. To quantify material 
properties, parameters of a nonlinear, anisotropic, distributed fiber material model [8] were optimized 
such that the FE model predictions matched the deformation response of the expanding scleral edge 
during inflation. 

The finite element (FE) model was constructed for each specimen using the scleral geometry measured 
from the DIG camera at a reference pressure of O.SkPa (6mmHg). After extracting the coordinates of the 
reference position of the scleral edge, a geometric representation was constructed by first fitting a conic 
section to one half of the measured scleral edge. A second conic section was fit to the inner scleral 
surface based on the measured thickness profile. Lastly, the inner and outer surface geometries were 
revolved 90"^ to form a quarter model of the scleral shell, with the optic nerve head (ONH) located at 
100|im from the apex. The sclera was modeled as a composite material with a nearly incompressible 
Neo-Hookean matrix embedded with regions of non-linear transversely isotropic and anisotropic fibers. 
To summarize the details of the material model [8], the matrix was characterized by a shear |Limatrix and 
bulk Kmatrix modulus, with Kmatrix ordcrs of magnitude larger than jimatrix. The non-linear response of the 
collagen fibers was modeled with a phenomenological exponential function with model parameters [(3, 
ao = 4a(3], with (3 charactering the strain-stiffening and ao representing the initial stiffness of the fibers. 
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Two regions of preferentially aligned collagen were defined for the mouse sclera to be within 100|im of 
the ONH and 500|im of the limbus. For these regions, the anisotropic contribution of the free energy 
density was calculated from the orientation average of the free-energy density of the fibers weighted by 
a von Mises probability distribution function. The model parameters [uonh, HLimbus] from this 
relationship represented dispersion parameters for these anisotropic regions, where n=0 represents a 
transversely isotropic case and larger values indicate an increase in circumferentially oriented collagen 
fibers. The ONH was modeled as a Neo-Hookean material, with a shear modulus 0.1|imatrix. 

Symmetric boundary conditions were applied on the x=0 and z=0 planes of the shell for the FE 
calculation, and clamped boundary conditions were placed on the y=0 plane to represent the glued 
limbus. The scleral model was meshed using trilinear hexahedral elements, with 3 elements through the 
thickness. Fig. 1 shows the scleral geometry, FE mesh, and boundary conditions for each of the 
specimens C56BL/6 mouse scleral specimens tested and modeled. FE calculations were performed using 
Tahoe and the coupled optimization scheme was performed using Dakota. Both programs are open- 
source codes developed at Sandia National Laboratories. The optimization scheme used a global pattern 
search algorithm to find the best- fit material model parameters [|imatrix, P, ao, uonh, HLimbus], which 
minimized the difference between the experimental measurements and the model predictions at 10 
evenly spaced pressure states between 0.8 and 6kPa. 
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Fig. 1 Finite element meshes for al-a3) three 2 month old C57BL/6 scleral specimens bl-b3) three 11 
month old C57BL/6 scleral specimens 
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RESULTS 

Fig. 2 reports the best- fit model predictions for each of the specimens presented in Fig. 1 . The model 
fits are shown with the experimental data for scleral edge displacements measured at evenly spaced 
intraocular pressures from 0.8 to 6kPa. The corresponding averaged material parameters for the younger 
and older scleral tissue are reported in Fig. 3. The model successfully captured the deformation profile 
of the inflating scleral surface as well as the stiffening behavior of the loading response to increases in 
pressure. The fiber modeling parameters [(3, ao] were able to characterize this strain stiffening, with 
model parameters indicating that the older tissue may contain stiffer collagen or elastin fibers when 
compared to the younger tissue. However, the difference in [(3, ao] between different aged tissues was 
not statistically significant. Therefore, more trials are needed to explore this hypothesis. During inflation 
testing, the scleral tissue from the limbus to approximately 0.05mm posterior had the largest 
displacement gradient when compared to other scleral regions. The anisotropic dispersion model 
parameter nimbus was able to capture this behavior by including fibers preferentially aligned in the 
circumferential direction. Lastly, the model parameter uonh was nearly zero for both younger and older 
tissue, indicating that a transversely isotropic model was sufficient to capture the displacement behavior 
in this scleral region. Histology studies are needed to confirm these material parameters findings. 
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Fig. 2 Scleral edge displacement and the corresponding best-fit model prediction at evenly spaced 
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I Young C57BL/6 (2 month, n=3) 
Old C57BL/6 (1 1 month, n=3) 




Fig. 3 Averaged material parameters for the 2 and 1 1 month old C57BL/6 scleral specimens 

DISCUSSION 

The nonlinear fiber composite model captured the inflation behavior of the mouse sclera reasonably 
well, with a region of circumferentially-aligned fibers in the limbal region. The anisotropic material 
parameter noNH, which represents the degree of circumferential fibers for the scleral region immediately 
adjacent to the ONH, was zero for both the younger and older mouse tissue. This result is inconsistent 
with evidence that shows that collagen and elastin fibers are preferentially aligned around the ONH [9]. 
Further histological and experimental evidence is needed to determine the roll of these fibers in the 
mechanical response of the mouse scleral tissue. In addition, it was hypothesized that parameters 
associated with the collagen fibers would be stiffer for the older tissue when compared to the younger 
tissue due to the decrease in collagen turn-over rate with age. The trend for the averaged model 
parameters associated with collagen behavior did indicate stiffening with age. However, additional trials 
will be needed to confirm this trend. Current efforts include improving the inflation testing set-up and 
investigating scleral tissue from glaucoma models. 
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ABSTRACT 

In this paper, we report our recent studies of the microstructure and mechanical properties of Dungeness crab exoskeleton. 
Nanoindentation and scanning probe microscopy (SEM) were carried out on different parts of the crab (claw and body shell), 
and different parts of the exoskeleton (exocuticle and endocuticle). Clearly defined four-layer structure was observed in the 
exoskeleton. In the cross sections of the claw and body shell, the mechanical properties show a decreasing trend from the 
exocuticle to endocuticle. In both cross sections and in-plane sections, a higher property was measured in the claw than the 
body shell. Finally, super low mechanical properties were obtained for nanoindentation on the in-plane sections of the claw's 
endocuticle than the cross-sections. The chitin-protein volume fraction was found to be the major factors affecting the 
mechanical properties in the different body parts as well as different layers of the exoskeleton. 



1. INTRODUCTION 

In biological systems, some light-weight structures possess attractive mechanical properties, such as high strength and 
durability. For example, in many crustaceans (lobsters, crabs and shrimps) and insects, their external covering - exoskeleton 
exhibits good mechanical rigidity and strength. In moUusk shells, their interior shinny mother of pearl layer - nacre, displays 
superior mechanical properties, such as toughness, impact resistance, and strength. In building future energy-saving 
transportation systems, the design of such lightweight materials that can adopt the deformation and fracture modes of 
biological systems will be highly desired. For designing these artificial, bio-mimetic materials, it is crucial to understand the 
structure-function relationship in the biological systems. Different from inorganic engineering materials, the exoskeletons and 
nacres are hierarchically organized from the molecular to macro level. In addition, these hard biological composites consist of 
organic matrix mineralized by inorganic components with various shapes, microstructures and compositions. 

In literature, there have been some studies on the strengthening and toughening mechanisms of nacre using the three and 
four-point bending tests [1-3], tensile and compression tests[l,4], and nanoindentation experiments [3,5]. The outstanding 
mechanical properties in nacre is usually attributed to its hierarchically organized structure and 95 vol.% mineral component 
(Aragonitic CaC03) with only a small percent of organic biopolymer. Different from nacre, the exoskeletons of the 
crustaceans mainly comprise the organic component (primarily chitin) with various degree of mineralization (calcium 
carbonate) in different layers. The mechanical properties of crustacean exoskeletons have been studied by tensile and 
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compression tests [6-9], bending tests[9,10], microindentation tests [8,11], as well as nanoindentation tests[12]. The 
exoskeleton displays quite different mechanical properties in each discrete layer, various parts and directions. This requires 
understanding of the microstructure in different locations of the exoskeleton, and anisotropic properties in different loading 
directions. 

In this study, Dungeness crab exoskeletons were selected for the experimental investigations. The exoskeleton of Dungeness 
crab share similar microstructure with other crustaceans. The exoskeleton can be divided into four discrete layers: epicuticle, 
exocuticle, endocuticle and membranous layers, in the order from outermost to innermost [13]. Because of the anisotropic 
structure of biological materials at multiple levels, the mechanical properties are usually also anisotropic. For the crustacean's 
exoskeleton, there have been some studies on microstructure, organic/inorganic compositions and mechanical properties 
[8,9,11,14,15]. However, to our best knowledge, the anisotropic mechanical properties of crustacean's exoskeleton have not 
been thoroughly studied. Nanoindentation is an effective technique to characterize the anisotropic mechanical properties in 
different directions. In this study, the hierarchical structure and anisotropic mechanical properties of Dungeness crab 
exoskeletons were investigated. It is aimed to gain insights of the anisotropy property - structure relation of this 
hierarchically organized architecture, and inspire the biomimetic design in improving the mechanical properties of structural 
materials. 

2. EXPERIMENTAL METHOD 



All test specimens were taken from live Dungeness crab, obtained from the local seafood market. The specimens were cut 
from the flat areas of the body shell and the tip area of the claw, with muscles removed. Specimens were tested in fresh 
condition and in the air dry state. The mechanical characterizations were carried out within 48 hours after the exoskeleton of 
the crab was cut. Samples were prepared in cross sections and in-plane sections. Fig. 1(a) shows the whole crab Cancer 
magister. Fig. 1 (b) and (c) show the claw and body shell for the study respectively. Naturally fractured sections of the 
exoskeleton were used for SEM to study the microstructure. A combined energy dispersed X-ray spectrometer (EDS) system 
with SEM was used to analyze the mineral composition on both cross-sections and in-plane sections (sections parallel to the 
exoskeleton surface). For nanoindentation studies, samples were polished using sand paper and alumina powder with particle 
size down to 0.05 |Lim. Epoxy mounting was applied to hold the thin layer of cross sections during polishing. The 
nanoindentation tests were carried out on a Ubil nanomechanical test instrument (Hysitron, Inc., MN). A three-sided 
diamond pyramidal Berkovich tip was used as the indenter tip. The nominal radius of curvature of the Berkovich tip is around 
150 nm. During indentation, the load and displacement were continuously monitored by a three-plate capacitive 
force/displacement transducer. Standard Oliver and Pharr method is used to calculate the reduced modulus and hardness from 
the load-displacement information [16]. 




(a) (b) (c) 

Fig. 1 (a) Image of Dungeness crab, with dimension about 9.5 inch in length; (b) claw and (c) body shell of the crab 
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3 . EXPERIMENTAL RESULTS 

3.1 Microstmcture 

The microstmcture of the exoskeleton displays an anisotropic nature, which can be distinguished from the SEM images. 
From the cross sectional views in Fig. 2, the four discrete layers in the claw and body shell can be clearly observed. Among 
the four layers, the epicuticle and membrane are the thinnest, while the exocuticle is thicker, and the endocuticle is the 
thickest. Fig. 3 show the SEM images of the cross sections of the endocuticle in the claw and body shell, respectively. 
Layered structures are observed to be stacked periodically. Such periodically stacked layers were previously named 
"Bouligand" structure, and have been observed by researchers in both exocuticle and endocuticle of different types of 
crustaceans [11,12]. In the micro and nanometer scale, the "Bouligand" structure is featured by helicoidal stacking sequence 
of fibrous chitin-protein planes, deposited with calcium carbonate minerals. When the stacking of the fibrous planes 
completes a 180 ° rotation, a single layer is formed. The length of the single layer is an indication of the stacking density. 
Smaller length corresponds to a higher packing density. Clearly, the stacking density in the body shell is much higher than 
that in the claw. While the cross sections of the exoskeleton were manifested by the "Bouligand" structure, the microstmcture 
of the in-plane sections is quite different. Fig. 4 show the SEM images of the in-plane sections of the endocuticle in the claw 
and body shell. There are pore canals and pore canal tubules within the layer plane. Pore canals are those oval-shaped holes 
formed by intersections of the bundles of parallel chitin-protein fiber branches. The pore canal tubules lie inside the pore 
canals, which go through the thickness of the exoskeleton. These tubules play an important role in the transport of ions and 
nutrition during the formation of the new exoskeleton after the crabs molt [8]. The claw and body shell share similar porous 
stmcture but with a quite different porosity (higher in body shell). 




Fig. 2 SEM images of cross sections of the polished exoskeleton in the claw 
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(a) (b) 

Fig. 3 SEM images of cross sections of endocuticle in: (a) claw with layer spacing around 10 |Lim, (b) body shell with layer 
spacing around 4 |Lim 





Fig. 4 SEM images of in-plane sections of endocuticle in: (a) claw, (b) body shell 



3.2 Mechanical properties 

To study the mechanical properties in the exoskeleton, two groups of nanoindentation experiments were carried out on two 
orthogonal planes, i.e. the cross sections and the in-plane sections. The applied loads range from 300 |liN to 2000 |liN. A few 
comparisons of the mechanical properties were made on different parts of the crab (claw and body shell), different layers of 
the exoskeleton (exocuticle and endocuticle), and different sections (cross-sections and in-plane). 



Different from microindentation experiment, in nanoindentation, the typical indent size is less than the layer spacing (a few 
micrometers), thus nanoindentation on the cross sections represents the local mechanical properties of one single layer rather 
than the overall mechanical properties of the multi-layered structure. The hardness measured throughout the four discrete 
layers is compared in Fig. 5 (a) and (b) for the claw, and body shell, respectively. In both the claw and body shell, the 
epicuticle was observed to be the hardest part in the exoskeleton. The hardness shows a decreasing trend from the external to 
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the internal surfaces. Overall, a higher hardness was measured in the claw than the body shell. 

Epicuticle Epicuticle 

Exocuticle Endocuticle Membrane Exocuticle Endocuticle Membrane 
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Fig. 5 Hardness measured on the cross sections of: (a) claw, and (b) body shell 

Distinct load-displacement response and mechanical properties were observed in the in-plane sections compared to the cross 
sections. This indicates the anisotropy of the properties in this biological composite. The hardness is compared in Fig. 6 (a) 
and (b). In the exocuticle of both claw and body shell, the hardness was measured to be slightly higher in the in-plane section 
than the cross section. In the endocuticle of the body shell, the in-plane section also yields higher hardness than the cross 
sections. However, opposite results were obtained for the endocuticle of the claw. The hardness was measured to be much 
lower in the in-plane section. 
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Fig. 6 Hardness comparison between in-plane and cross sections of the claw and body shell 



3.3 Organic and inorganic components composition 

In order to understand the micro structure and mechanical property relationship, it is crucial to analyze the organic and 
inorganic components composition of the exoskeleton. In this study, the mineral components were analyzed from EDS tests 
in the exocuticle and endocuticle layers of the claw and body shell. The characterization areas in all specimens were 5 |Lim x 5 
|Lim. Different types of minerals were characterized, with calcium found to be the major component, while sodium and 
magnesium found to be the minor components. In the claw, the calcium takes 17.78 at.% of the exocuticle and 17.32 at.% of 
the endocuticle. In the body shell, the calcium takes 26.47 at.% of the exocuticle and 28.12 at.% of the endocuticle. The 
results indicate that the extent of calcification is very close in the exocuticle and endocuticle. However, the amount of 
calcium is lower in the claw than the body shell, thus calcination may not be the reason for the measured stronger mechanical 
property in the claw. 

The organic component chitin could be the important strengthening factor of the cuticle layers as it has relatively high 
strength compared to the protein matrix [17]. For example, Wegst et ah reported that the stiffness of chitin was in the range of 
10-130 GPa [18,19]. The stiffness of the protein matrix is only about 0.1 GPa to a few GPa, which is much lower than the 
stiffness of chitin. In the exocuticle and endocuticle layers, chitin usually exists in the form of chitin-protein fibers oriented 
within the in-plane sections, and vertically aligned as the pore canal fibers throughout the thickness. Higher volume of the 
chitin-protein fibers or pore canal fibers could cause higher strength in the biological composites. From the cross sections of 
the exocuticle and endocuticle, it was observed that the exocuticle has a higher chitin-protein fibers volume fraction than the 
endocuticle. Moreover, it was observed that the claw has a higher chitin-protein fiber volume fraction in the endocuticle than 
the body shell does. Therefore, the higher volume fraction of the chitin-protein fibers is believed to be the major reason for 
the higher hardness in the claw. 

4. CONCLUSION 

In this study, the micro structure and mechanical properties of Dungeness crab exoskeleton were investigated. The 
microstructure was studied by SEM, and the mineral composition was studied by EDS and compared among the exocuticle 
and endocuticle of the claw and body shell. Nanoindentation experiments were carried out on the cross sections and the 
in-plane sections of the exoskeleton surfaces. From the microstructural studies, four main discrete layers were observed, i.e, 
epicuticle, exocuticle, endocuticle and memebrane layers. In the cross sections, the packing density of the exocuticle is much 
higher than that of the endocuticle. And the packing density of the body shell is much higher than that of the claw. In the 
in-plane sections, porous structure exists in both claw and body shell. The pore canal fibers are located inside the oval-shaped 
pore canals, and are aligned vertically through the thickness of the exoskeleton. The porosity in the claw's endocuticle is 
observed to be the highest. From the nanomechanical characterization, the exocuticle has higher hardness than the 
endocuticle. This is attributed to the higher chitin fiber volume fraction in the exocuticle. For nanoindentation on the in-plane 
sections, the claw's exocuticle and body shell's exotucile and endocuticle have higher mechanical properties than that in the 
cross-sections. However, in the endocuticle of the claw, the mechanical properties are much lower on the in-plane than the 
cross sections. 
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Abstract 

Tendril is a threadlike specialized stem, leaf or petiole used by climbing plants for support and attachment. The spiral 
contraction which occurs after a tendril has caught an object is of great use to the climbing plant. The spiral contraction can 
drags up the shoot thus there is no waste of growth. Besides, a far more important use rendered by the spiral contraction of 
the tendrils is that they are thus made highly elastic so that the force is distributed between several adjacent attached tendrils; 
and this renders the whole far stronger than it otherwise would be, as the tendrils cannot break separately. It is this elasticity 
that protects the plants from being torn away from their supports during stormy weather or pulled by object. In this study, the 
mechanical properties of Luffa tendrils were investigated. By using tensile experiments and finite element analyses, the time 
dependent mechanical properties of attached mature tendrils of Luffa under tensile loads were investigated. The improvement 
of supporting capability of Luffa tendrils due to spiral contraction was quantified. The results of the finite element analyses 
showed the maximum tensile force on a tendril can be reduced more than 58% due to distributing force to 4 adjacent attached 
tendrils when applied concentrated force on the stem. 

Introduction 

Climbing plants may be divided into four classes [1]. Plants of the first class ascend merely by the aid of hooks; and those of 
the second by rootlets. The plants of these two classes do not exhibit any special movements. Plants of the third class twine, 
without aid of any other movement, spirally around a support. Plants of the fourth class endowed with irritable organs such as 
tendrils, which when they touch any object clasp it; such organs consist of modified leaves, branches, or flower-peduncles. 
Tendrils are formed by the modification of leaves with their petioles, flower-peduncles or branches. They are sensitive to 
contact and used exclusively for climbing. If the extremity of a tendril has come into contact with an object, it bends around 
and attaches to the object and the tendril contracts spirally; on the other hand, a tendril does not contract, but soon withers 
away and drops off if it seizes nothing. The spiral contraction of tendrils, usually starting in half a day after their extremities 
have caught some object, shortens the tendrils and renders them elastic. In the first few days after the attachment, a tendril 
remains weak and brittle, but it rapidly becomes highly elastic and acquires great strength so that when the main stem is 
pulled the force is distributed between several attached tendrils. 

The mechanical properties of mature Luffa tendrils were investigated in this study. The Luffa tendril, borne at the junction of 
stem and leaf petiole, has 2-6 branches. All the branches are sensitive on all sides. The tendril will bend in about 10 minutes 
after being lightly rubbed, or after coming into contact with an object. By using tensile experiments and finite element 
analyses, the time dependent mechanical properties of attached mature tendrils of Luffa under tensile loads were investigated. 
The improvement of supporting capability of Luffa tendrils due to spiral contraction was quantified. 

Material and method 

The tendrils of Luffa are considered linear viscoelastic materials and Wiechert model with 3 Maxwell spring-dashpot 
elements was used to approximate the time dependent mechanical behavior of Luffa tendrils. The relaxation moduli of 7 
parameter Wiechert models can be expressed as follows: 
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E^{t) = EJ\-g,e 



-^3^ 



(1) 



In equation (1), E^ , E^ are elastic moduli, g. (i=l; 2; 3)and T- (i=l; 2; 3) are relaxation factors and times respectively. 

The linear viscoelastic material parameters of tendrils were determined by using the optimization-based inverse iterative 
finite element analysis procedure [2]. The generalized pattern search method [3-5] was used for the optimization process. The 
finite element analyses were performed by using ABAQUS^^ and the iteration loop was performed in MATLAB^^. The 
generalized pattern search method is a direct search derivative- free algorithm which can minimize an objective function with 
respect to the unknown parameters. The linear viscoelastic material parameters of tendrils were determined in two steps. 
Firstly, the instantaneous elastic modulus and Poisson's ratio were determined by minimizing the squared error between the 
simulated and experimental load measured immediately after the sudden tensile displacement was applied. Secondly, the time 
dependent parameters were determined by minimizing the squared error between the simulated and experimental load vs. 
time curves when the ensile displacement was fixed. 

In order to get the instantaneous force-tensile displacement data and force-time relaxation data of tendrils under tensile load 
for the inverse iterative finite element analysis procedure, the ramp-hold tensile test was performed on the tendril specimen 
cut from fresh mature tendrils of Luffa (Fig. la). The tensile test was carried out by using the Instron tensile test machine (Fig. 
lb). The tensile displacement is 1 cm with displacement range(?) of 1 mm/sec. The tensile force and displacement were 
recorded for a total time of 610 sec (Fig. Ic). 
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Figure 1: (a) Typical tendril of Luffa (b) Specimen under tensile ramp-hold test (c) Experimental force vs. time data 



The 3D Finite element model generated from the image of the tendril specimen was used for the inverse iterative finite 
element analysis procedure (Fig. 2a). In order to investigate how the force was distributed between attached tendrils when the 
main stem was pulled, finite element models of a Luffa stem with 3 and 5 tendrils as shown in Fig. 2b,c were made. An 
upward enforced displacement at a constant displacement rate of 7 cm/sec was applied at the middle section of the stem and 
all tendrils were anchored at the end points. The corresponding force at the location where enforced displacement was applied 
and reaction forces at the end point of tendrils vs. displacement were used to evaluate how the force was distributed between 
attached tendrils when the main stem was pulled. 
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(a) 



(b) 



(c) 



Figure 2: Finite element models of (a) tendril specimen (b) Luffa stem with three tendrils and (c) Luffa stem with four 

tendrils 

Results 

The values of instantaneous elastic modulus and Poission's ratio of Luffa tendril specimen estimated by the inverse iterative 
finite element analysis procedure are 213 MPa and 0.33 respectively. The values of time dependent viscoelastic parameters 

g. (i=l; 2)and T.(i=l; 2) are 0.153, 0.265, 10 (sec) and 430 (sec) respectively. The force-time curve computed from finite 

element simulation with fitted linear viscoelastic and the force-time curve of ramp-hold experiment are shown in Fig. 3. 
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Figure 3: The force-time curve computed from finite element simulation with fitted linear viscoelastic and force-time curve of 

ramp-hold experiment 



Fig. 4a shows the force-displacement curve of single tendril specimen under enforced displacement at a constant 
displacement rate of 7 cm/sec. The slightly upward curvy trend of the force-displacement curve shows the tendril can be 
considered a nonlinear spring and the spring constant increases as the tensile displacement increases. Fig. 4b shows the 
reaction forces at fixed point of tendrils of the Luffa stem model with 3 tendrils under enforced displacement (displacement 
rate = 7 cm/sec). Due to the symmetry of the model, only reaction forces of the center and one side of a tendril are shown. It 
can be seen, from the reaction forces of tendrils at 7 cm enforced displacement, that the center tendril carries 78% of pull load 
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applied on the stem section. The reaction forces at fixed point of tendrils of the Luffa stem model with 4 tendrils under 
enforced displacement (displacement rate = 7 cm/sec) is shown in Fig. 4c. Due to the symmetry of the model, only two 
reaction forces of tendrils in one side are shown. It can be seen, from the reaction forces of tendrils at 14 cm enforced 
displacement, that the tendril close to the middle point of the stem section carries only 42% of pull load applied on the stem 
section. 
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Figure 4: the force is distributed between attached tendrils (a), (b) and (c) 

Discussion and conclusion 

The mechanical properties of mature Luffa tendrils were identified by using the optimization-based inverse iterative finite 
element analysis procedure. The simulation of Luffa stem model under enforced displacement pull revealed the spiral 
contraction of tendrils can effectively distribute the pull force on the stem to several tendrils attached to the stem. The tendril 
specimen used for this study was cut from the portion of tendril with same spiral direction. In the real world, since neither the 
support nor the stem can rotate, the coils of the spiral tendril go from a right-handed helix to a left-handed helix or vice versa. 
The phenomenon of helix hand reversal was called perversion [1,6] How perversion of tendril affects the spring constant will 
be investigated in the future. 
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ABSTRACT 

The aim of this paper is to formulate a novel mathematical model that will be able to differentiate not only between normal 
and abnormal tissues, but, more importantly, between benign and malignant tumors. We present some very promising 
preliminary results of a multiscale triphasic model for biological tissues that couple the electro-chemical processes that take 
place in tissue's micro structure and tissue's biomechanics. The multiscaling is based on a recently developed homogenization 
technique for materials with evolving micro structure. 

1. INTRODUCTION 

The ever-growing field of non-invasive diagnostic technologies is continually providing new insights into in vivo biological 
processes, requiring joint efforts among researchers in medicine, science, and engineering. One of these emerging 
technologies. Magnetic Resonance Elastography (MRE), uses an imaging technique to measure the elasticity of biological 
tissues subject to mechanical stresses [4, 5]. The resulting strains are measured using magnetic resonance imaging and the 
related elastic modulus is computed from models of tissues mechanics. The elastic modulus contains important information 
about the pathology of the imaged tissues. Thus, MRE can help in tumor detection, determination of characteristics of 
disease, and in assessment of rehabilitation. 

It was noticed experimentally that most biological tissues have incompressible viscoelastic features: they have a certain 
amount of rigidity that is characteristic of solid bodies, but, at the same time, they flow and dissipate energy by frictional 
losses as viscous fluids do [1, 2]. The incompressibility assumption for soft tissues is based on the fact that most tissues are 
made primarily of water. In addition, since the displacements in MRE are very small (on the order of microns), a linear 
constitutive law is usually assumed. However, despite the richness of the data set, the variety of processing techniques and 
the simplifications made in the biomechanical model, it remains a challenge to extract accurate results at high resolution in 
complex, heterogeneous tissues from the intrinsically noisy data. Therefore, any improvement in the MRE data processing 
with the help of biomechanics and computational methods will be of significant importance to modem medicine. 
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(a) Wf 

Fig.l: (a) Benign tumor: the fibrous connective tissue capsule (orange) separates the inside benign cells (black boundaries) 
from the outside normal cells (yellow), (b) Malignant tumor: the irregularly- shaped cancer cells (red boundaries) are 
anisotropic and diffuse, (inspired from [10]) 

The aim of this paper is to formulate a new mathematical model that will be able to differentiate not only between normal and 
abnormal tissues, but, more importantly, between benign (not cancerous) and malignant (cancerous) tumors. As it can be seen 
in Figure 1, benign tumors are localized, self-contained (encapsulated), with smooth boundaries, and tend to be more 
isotropic. On the other hand, malignant tumors are not localized, diffuse, have irregular boundaries, and are anisotropic. The 
biomechanical models used so far in MRE are classic macroscopic models that do not incorporate any relevant information 
about the biochemical and mechanical processes that take place in tissue's microstructure and thus fail to properly classify 
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tissues according to their pathology. In this paper we present a novel multiscale model that has the potential to differentiate 
not only between healthy and diseased tissues but also between benign and malignant tumors. We model the tissue as a 
triphasic material of porous, viscoelastic solid filled with interstitial fluid and dissolved ions [3, 6]. We will use a recently 
developed homogenization technique for materials with evolving micro structure [7-9] and present some preliminary results. 

2. MULTISCALE TRIPHASIC MODEL 

Inspired by [6], we assume that the microstructure of a biological tissue is a mixture of an intrinsically incompressible, 
isotropic, porous-permeable linear elastic solid phase containing the extracellular matrix and the (linear viscoelastic) solid 
cells, an intrinsically incompressible, isotropic, Newtonian viscous fluid phase containing the interstitial fluid, and another 
fluid phase, the ion phase, with, for now, two monovalent species. The tissue as a whole is electrically neutral and for now 
we assume electric and thermal effects are negligible with respect to chemical and mechanical effects. For simplicity of 
presentation, we consider the problem to be one-dimensional and neglect reaction processes. With these simplifications, the 
momentum equation and the continuity equations for the mixture and ions (see for example [6] for a detailed presentation of 
these equations in the general case) are: 
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where p^u^c .c^ are the unknown fluid pressure, solid displacement, and, respectively, the molar concentrations of the two 

ionic species, and £^5 Z) , Z)^ , 7?, T, a, (|), (Pg are (in order) the following physical parameters: the Young's modulus of the 

solid, the diffusion coefficients of the two ionic species, the universal gas constant, the absolute temperature, a constant 
related to the hydraulic permeability, an osmotic coefficient, and the initial solidity. 

As in [7-9], we introduce a characteristic macroscopic length Z , a characteristic microscopic length / such that S = — D 1 , 
and define characteristic lengths associated to the diffusion of the species in the pore / = ( H \ U l^= y^m ) ^ • 

Thus the characteristic diffusion times are: x = , T = ,0<k, / < 2 . 

We introduce the following non-dimensional functions: 
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where Cq,Pq,Eq, Z) „ , Z)^q are reference quantities. Tiius tlie non-dimensional equations corresponding to system (2.1) are: 
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We assume that all processes happen on the same time scale sot = T = T^ . From (2.2) we note that this establishes a 

relationship among reference diffusion coefficients, reference Young's modulus, and length scales. System (2.3) is completed 
with zero jump conditions at the boundaries of the domains occupied by the three phases. We employ now the method of 
homogenization in domains with evolving micro structure proposed in [7-9]. The method is based on the assumption that 
there exists a reference configuration that is periodic. By mapping the current configuration with evolving and deforming 
microstructure into the reference configuration with periodic geometry, the classic homogenization technique can be used to 
get the corresponding macroscopic equations, and then map them to the current configuration. In our simplified case of linear 
elasticity and small strains, the equations corresponding to system (2.3) in the periodic reference configuration look like (2.3) 
except that the convection terms in the last two equations are missing. The macroscopic equations are therefore similar to the 
ones given in [7-9]. 

3. RESULTS 

We consider a very simple case where we are interested only in the solid displacement due to either microscopic or 
macroscopic diffusion. The periodic domain is the interval (0, 1) . LetL = 1, / = 10 , H = H^ = 0. 1, X = 1 . For now we 

are not interested in the effective physical parameters and therefore we take them equal to unity. Thus c = c^ = C . We 
distinct two cases: 

1 . D = D^ =l^>k = j = (macroscopic diffusion) 

2. D = D^ =10 z^ k = j = 2 (microscopic diffusion) 

In both cases we assume the following initial and boundary conditions: 



u(x, 0) = u(0, t) = u{\, = 



c(x, 0) = e 



_ ^-10(x-0.5y 



, 5(0,0 = 5(1, F) = e 



-5/2 



(3.1) 



The solution in case 1 to the macroscopic problem is shown in Figures 2 and 3. Note that the solid phase shrinks in the 
regions where the concentrations are increased. In case 2 there is no macroscopic diffusion since the initial condition for the 
concentrations depends only on the macroscopic variable X and not on the microscopic variable X / 8 which is the variable 
used in the diffusion equation in this case. Thus the solution in case 2 is c(x, = c(x, 0), iJ(x, ~ u{x^ 0) = . 
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I ° X 

Fig.2: Concentration field in case 1. 




Fig.3: Displacement field in case 1. 

One possible, very simplistic, scenario for tumor modeling and classification could therefore be that benign tumors 
experience only microscopic diffusion without macroscopic deformation of the solid phase (cells), while malignant tumors 
are characterized by macroscopic diffusion and deformation of the cells. In particular, if the concentrations increase, the cells 
will shrink and possibly become stiffer which will agree with recent results (see for example [11]) that claim that cancer 
tumors are indeed much harder than benign tumors. Finally, a proper analysis of the diffusion processes and scales may 
capture important information about the moment when a benign tumor transforms into cancer (we plan to investigate this in 
our future work). 
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3. CONCLUSION 

In this paper we proposed a novel multiscale triphasic model for biological tissues that is based on the method of 
homogenization of domains with evolving micro structure. Our very preliminary results show promise in obtaining better 
models for tumor classification for robust and reliable imaging elastography. 
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Abstract 

This study examined the time dependent mechanical properties of porcine meniscus under unconfined compression condition. 
The ramp-hold compression tests with different ramping displacement rates and long-term compression tests with very low 
displacement rate were performed on porcine meniscus specimens. The time dependent mechanical response of porcine 
meniscus was described by hyper-viscoelastic constitutive model due to its simplicity and can be easily implemented to 
finite element models. Inverse iterative finite element analysis procedure was used to obtain the material parameters of 
hyper-viscoelastic models of meniscus in two stages. In the first stage, the long-term hyperelastic material parameters of 
meniscus were obtained from the compression test data with very low displacement rate. The long-term hyperelastic material 
parameters were used as known parameters in the second stage, and the time dependent material parameters were determined 
from the ramp-hold compression tests with different ramping displacement rates. It can be seen from the force-time curves of 
ramp-hold experimental data that the mechanical properties of meniscus is highly time-dependent. The instantaneous 
modulus is more than 50 times higher than the long-term elastic modulus. The third-order reduce polynomial 
hyper-viscoelastic model established in this study can well describe the mechanical behavior of porcine meniscus under 
compression load. This model can be used in the finite element study of meniscus biomechanics. 

Introduction 

The menisci play important roles in the biomechanics of knee. Beside improving the passive stability of the knee and helping 
joint lubrication, the meniscus also acts as shock absorber. The functionality of the menisci and their role in biomechanics of 
the knee such as lubrication and load transmission has been discussed by many researchers. Many studies have investigated 
the biomechanical behavior of knee meniscus to better recognize traumatic and pathologic processes [1-3]. The meniscus can 
be considered as a viscoelastic material which may experience different stresses such as tensile, compressive and shear 
stresses. The studies about the effect of these stresses on meniscal tissue reveal that the biomechanical properties of meniscal 
tissue are anisotropic and inhomogeneous. The mechanical responses of meniscus depend on testing direction (axial, 
circumferential and radial). Besides, the mechanical properties of meniscus vary with location (anterior, central and posterior). 
The study of human meniscus under confined compression showed that the posterior portion of the meniscus had the highest 
aggregate modulus and the anterior portion had the lowest aggregate modulus [4], and the study of bovine media meniscus 
showed that the surface region of meniscus has a significantly higher compressive modulus than the interior of the tissue [5]. 
The results of these studies show that meniscus is a functional gradient material thus it is not possible to use one set of 
material constant to describe the mechanical response of meniscal tissue at all locations. While the equilibrium or long-term 
mechanical behavior of meniscus has been well describe in literature, the time-dependent behavior under large compressive 
deformation has received less attention. This study examined the time dependent mechanical properties of porcine meniscus 
under unconfined compression condition. Inverse iterative finite element analysis procedure was used to obtain the material 
parameters which are suitable for finite element study of meniscus biomechanics. The results of this study can be used as 
baseline for further development of functional gradient constitutive models for meniscus. 

Material and method 

Cubic meniscus specimens (2x2x2 mm) were cut from the central part of interior portion of the medial meniscus of 4 porcine 
stifles (n=3 per meniscus; Fig. la,b). The harvested meniscus specimens were stored at 4^C in phosphate buffered saline prior 
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to mechanical testing. Two types of unconfmed compression tests (Fig. Ic) were performed to obtain the time dependent and 
long-term compressive modulus of the specimens. Firstly, ramp-hold compression tests with different compression rates were 
applied to specimens. Specimens were compressed at displacement rates of 0.02 and 0.2 mm/sec up to 10% engineering 
strain and hold for 600 seconds. The force-time curves were recorded at 10 Hz sampling rate. Secondly, Specimens were 
compressed at displacement rates of 0.0002 mm/sec up to 0.4 engineering strain to obtain long-term equilibrium 
force-displacement curves. Experiments were performed at room temperature with specimens in PBS bath. Mechanical tests 
were done within 24 hours after specimens were prepared by using Instron material testing machine. 






(a) 



(b) 



(c) 



Figure 1: (a) Central part of the medial meniscus, (b) meniscus specimen and (c) specimen under unconfmed compression 

test 

The hyperviscoelastic model was used to describe the time dependent mechanical properties of interior part of meniscus. The 
following polynomial strain energy function of the hyperviscoelastic model was used in this study. 



\i+J=^ 



>*''i\t C,o l-ift(l-^-"-""*) xAr(/,-3)'(J,-3)' 



V k=i 



>dT. 



(1) 



In equation (1), g^ and 7"^ are relaxation coefficients and characteristic times respectively, N is the order of polynominal 
in strain invariants, J^ , J^ are the first and second strain invariants, C^.^^ S are the instantaneous hyperelastic 
parameters. In this study, 3"^^ order non-compressible reduce polynomial hyperviscoelastic model with 2 linear viscoelastic 
time constants were used. The characteristic times (r^ =2.5sec,rj =25sec) of time constants were chosen. These 

assumptions left Qq , C^^ , C^^ , g^ and g^ to be determined. The hyperviscoelastic material parameters of meniscus 

were determined by using optimization-based inverse iterative finite element analysis procedure [6]. The generalized pattern 
search method [7-9] was used for the optimization process. The finite element analysis were performed by using ABAQUS^^ 
and the iteration loop were performed in MATLAB^^. The generalized pattern search method is a direct search 
derivative- free algorithm which can minimize an objective function with respect to the unknown parameters. The 
hyperviscoelastic material parameters of meniscus were determined in two steps. Firstly, the long-term hyperelastic 
parameters were determined by minimizing the squared error between the simulated and experimental forces of long-term 
equilibrium force-displacement curve. Secondly, the time dependent parameters were determined by minimizing the squared 
error between the simulated and experimental forces of ramp-hold compression with different compression rates. 



Results 

The stress-strain curves of meniscus tissue samples (n=12) under very low displacement rate was shown in Fig. 2. This 
stress-strain relation was considered as the long-term unconfined compressive behavior of interior part of meniscus. 
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Figure 2: Stress-strain curve of meniscus under 0.0002 mm/sec displacement rate 

The experimental time dependent stress-time curves of meniscus under ramp-hold compression tests are shown in Fig. 3. It 
can be seen that the mechanical behavior of meniscus is highly time dependent. 
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Figure 3: The experimental time dependent stress-time curves of meniscus under ramp-hold compression tests (a) 0.02 and (b) 

0.2 mm/sec displacement rates 
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C 



and C3Q^ of the 3"^^ order reduce polynomial hyperelastic 



The fitted long term hyperelastic parameters Cj 

model were 1.19e-2, 7.62e-3 and 5.25e-3 (MPa) respectively. The stress-strain curve plot by using fitted hyperelastic 
parameters and experimental data are shown in Fig. 4a. It can be seen that 3^^^ order reduce polynomial hyperelastic model can 
well describe the long-term compressive stress-strain relation of meniscus tissue up to compressive strain of 0.4. By taking 

the fitted long-term hyperelastic parameters as known factors, the viscoelastic parameters g"j and g^ fitted from the 

experimental time dependent stress-time curves of meniscus are 0.8 and 0.19 respectively with the characteristic times 

( Tj =2.5 sec , Tj = 25 sec ) were chosen. The stress-time curves plot by using fitted viscoelastic parameters and 

experimental data are shown in Fig. 4b,c. 
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Figure 4: (a) The stress-strain curve plot by using fitted hyperelastic parameters of 3"^ order reduce polynomial hyperelastic 
model and experimental data. The stress-time curves plot by using fitted viscoelastic parameters and ramp-hold experimental 

data under (b) 0.02 and (c) 0.2 mm/sec displacement rates. 

Discussion and conclusion 

This study showed that the mechanical behavior of interior part of meniscus is very time-dependent under compression. The 
result of ramp-hold experiment with displacement rate of 0.2 mm/sec (strain rate = 0.1 s"^) shows the time dependent stress 
for meniscus tissue samples were 0.1 MPa and 0.002 MPa respectively at the begin and end (600 sec holding time) of 
ramp-hold experiment. The values of these moduli imply the instantaneous modulus is more than 50 times higher than the 
long-term modulus of interior of meniscus. Although the time- dependent mechanical response of specimens taken from the 
interior of center part of meniscus can not accurately reflect the mechanical behavior of meniscus tissue at other locations 
during physiological loading conditions since meniscus is heterogeneous material. The findings of this study still provide 
significant baseline information for development of more complicate constitutive models such as functional gradient 
constitutive models for meniscus. Furthermore, the material parameters obtained by inverse iterative finite element analysis 
procedure are suitable and ready to be used for finite element study of meniscus biomechanics such as load transmission and 
shock absorption or other knee biomechanics. 
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ABSTRACT 

High-performance natural materials and system are now serving as models for new engineering designs. In this 
work we have investigated the structure and mechanics of a single teleost fish scale from striped bass Morone 
saxatilis as part of larger project on novel flexible protective systems inspired from fish skin. These scales are 
about 300 microns thick and consist of a hard outer bony layer supported by a cross ply of collagen fibrils. Basic 
properties were obtained from tensile tests on single scales. While the bony layer is brittle, the collagen layer can 
undergo large deformations, eventually failing by extensive fiber pullout. Perforation tests with a sharp needle on 
a single scale resting on a soft substrate were also used to assess the performance and mechanics of a scale 
under a predator's bite. We found that multiple small circumferential cracks developed on the top surface of the 
bony layer near the penetration site, while four major radial cracks formed through the thickness of bony layer. 

Keywords: fish scale; collagen; penetration; radial cracks 

1. Introduction 

The presence of scales in fish skin can be related to the protective functions of the vertebrate integument [1]. The 
extensive integumental skeleton of the "primitive" bony fishes obviously had efficient protective properties but 
such a heavy kind of armour hampered the locomotion ability of these fishes. During fish evolution, the increase 
of swimming performance is linked to a general trend in the reduction of the integumental skeleton [2]. The thin 
flexible scales of the living teleosts represent an outcome of this morphogenetic shift [3]. Fish scales exhibit a 
great variability in shape, size and arrangement. The general classification includes cosmoid, ganoid, placoid, and 
leptoid (including cycloid and ctenoid scales) [4]. While the full range offish-scale function is not currently known, 
preliminary observations showed that it performs extremely well in a variety of tasks. In addition to having 
excellent hydrodynamics properties [5], fish scales provide a protective layer resisting penetration and providing a 
physical barrier against attack from predators. At larger lengths, the arrangement of the scales provides a flexible 
skin that allows for changes in shape. In fact, the scaled skin has been showed to play a critical structural role in 
fish locomotion by regulating wave propagation [6] and by acting as an external tendon [7], storing mechanical 
energy in order to make swimming more efficient. The structure of scaled skin at the macro level has probably 
inspired the scaled armor used by ancient Roman military to provide resistance to penetration while retaining 
relative freedom of movement. More recently, scaled skin probably also inspired more modern armor systems. 
While these personal armors share some mechanisms with natural fish scale, no systematic biomimetic 'transfer 
of technology" was attempted so far, partly because a fundamental understanding of the mechanics of fish skin is 
still lacking. 

There is very limited literature available in terms of mechanical properties of scales. Ikoma et al. [8] characterized 
the structure of elasmoid scales from sea bream {Pagrus Major), a type of scale composed of mineralized 
collagen fibers. Tensile test on individual scales showed nonlinearity and a progressive failure, with a relatively 
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high modulus (2.2 GPa) and tensile strength (90 MPa). Bruet et al. [9] presented a multiscale experimental and 
computational approach that reveals the materials design principles present within individual ganoid scales from 
the 'living fossil' Polypterus senegalus, and investigated the mechanistic origins of penetration resistance 
(approximating a biting attack). The results showed that one overarching mechanical design strategy is the 
juxtaposition of multiple distinct reinforcing layers, each of which has its own unique deformation and energy 
dissipation mechanisms. Later on Wang et al. [10] investigated the anisotropic design principles of the same type 
of fish scale, which possesses a quad-layered structure at the micrometer scale with nanostructured material 
constituting each layer, their findings indicated the potential to use anisotropy of the individual layers as a means 
for design optimization of hierarchically structured material systems for dissipative armor. In both research the 
penetration resistance was evaluated by nanoindentation experiment, the penetration depth is limited to 60 nm, 
however the biting attack from predators is much more severe and might fully penetrate the entire scale and the 
underneath flesh. 

The present study investigated the structure and mechanics of a single teleost (ctenoid) fish scale from striped 
bass (Morone saxatilis) as a part of larger project on novel flexible protective systems inspired from fish skin [11]. 
The paper is organized as follows. In the next section, we describe the hierarchical structure of teleost fish as well 
as individual scales. Section 3 evaluates the mechanical properties of the entire scale and its collagen layer. 
Section 4 then concentrates on the evaluation of the penetration resistance of a single scale by emulating a 
predator's attack and the investigation of the failure mechanisms. Finally, section 5 provides concluding remarks. 

2. The Structure of Teleost Fish Scale 



Many biological materials draw their remarkable propertied from their complex, hierarchical structures [12, 13] and 
fish skin is no exception to this general rule. The three main hierarchical levels of teleost fish skin are depicted on 
Fig.1. They include macroscopic level (fish skin), millimeter level (individual scale) and micrometer level (cross ply 
structure and individual mineralized collagen fibrils). 




Twisted plywood 
stmcluie 



Fig. 1 Overview of the hierarchical structure of teleost fish scales 

Besides its organized hierarchical nature, the structure of fish-scales is distinguished by the presence of both an 
organic and mineral phase. In nature, this composite often leads to unique combinations of stiffness, hardness 
and toughness (as in bone, teeth, and seashells) [12, 14]. Due to the variety of building blocks across different 
length-scales, the mechanical properties of fish-scale may be modified by slight changes at any level of its 
structure. As a result, by retaining the same overall structure, this material is able to adapt and remain optimal in 
many different environments. 

Four areas were recognized on the surface of ctenoid scale from striped bass studied: anterior, two laterals, and 
posterior (Fig. 2a). In the anterior area, it features uniformly distributed granules and the comb-like ctenii on the 
margin of the scale. The posterior area consists of ridges (radii) and grooves which form circular rings around a 
center called the 'focus' (F) [15]. The focus is the part of the scale that developed first during ontogenesis. The 
position of the focus on the scale remains the same through the life history of the scale [16]. 



For fishes in the teleostei family, in which the striped bass is part of, it was found that there are two main 
structures that could be found; either fully orthogonal arrangement of successive collagen layers or intermediate 
orthogonal progression of the layers [17]. Further study of the basal plate (collagen layer) shows that the scale 
from striped bass is made up of multiple layers of collagen fibrils arranged in a orthogonal "plywood" manner, but 
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in a curved structure around the scale's focus (Fig. 2b, c). The cross-section of the scale is made up of two major 
layers: the basal plate (collagen layer) and the external plate (bony layer), each of which is about 100 micron thick. 
Previous research has shown that the basal plate is mainly composed of collagen fibrils (Fig. 2c, d), more 
specifically collagen type-l. The external layer on the other hand is a calcified layer in which hydroxyapatite 
crystals are found [18]. This material is commonly found in materials such as teeth and bone in the human body. 
Therefore we can say the external plate (bony layer) acts as a shield that protects the fish from external attacks. 
The basal plate (collagen layer) on the other hand is mainly responsible to support and strengthen the scale [19]. 



Ctenii 



fa) 



Radii 






Fig. 2 (a) top view; (b) back view; (c) plywood-like structure in collagen layer; (d) collagen fibrils. AA = anterior 

area; LA = lateral area; PA = posterior area; F= focus. 

3. Tensile Behavior 

3.1 Specimen preparation 

The scales were first removed by hand from a fresh striped bass. No tools were used in order to avoid damaging 
the scales. A simple "lift and pull" approach was enough to detach the scales from the fish's body. The scales 
were stored in a freezer at -20 °C until tested. Before the test, the scales were removed from the freezer and put 
in water bath for about 5 minutes to unfreeze and hydrate, and then cut into dog-bone-shaped specimens with a 
1.5 mm cross-section width by using a multi-tube rotary hole-punch and a dissecting scissor. One more step was 
further taken to obtain the collagen specimen by carefully peeling the collagen layer from the scale. The thickness 
of individual collagen specimen might not be exactly identical to each other after the peeling process. The 
thickness of individual specimen was measured at three locations, i.e. the both ends and the middle of the gage 
section; and the averaged value was used for the stress calculation. In order to comprehend the laminate- 
orthogonal structure of the collagen layer of the scale, tensile tests have been done on scale and collagen 
specimens in three directions regarding the scale's longitudinal direction: 0°, 45°, and 90°. We should point out 
that the thickness of the scale specimen may vary up to 30% in the longitudinal direction (0°) along the gage 
section of 4 mm; while it varies much less (~ 10°/o) in the directions of 45° and 90°, however the thickness of 
collagen specimen is almost constant along the gage section in all directions. The average thickness of the scale 
and collagen specimens is approximately 0.256 ± 0.032 mm, 0.054±0.017 mm, respectively. 

3.2 Experimental procedure 



The scale sample was mounted on a miniature loading stage (Ernest F. Fullam Inc., Latham, NY), which consists 
of two crossheads mounted on two threaded rods such that the crossheads move at the same rate, but in 
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opposite directions [20]. The sample was fixed on the crossheads by using two plate grips with screws. 
Additionally, very fine sandpaper was glued on the plate grips to provide better load transfer fronn the crossheads 
to the sannple. A little annount of superglue was applied on the clannp regions of the sannple to prevent any 
slippage between the sandpaper/grips and the test sannple. The loading stage and the in-placed sannple were 
placed under an optical nnicroscope (BX-51M, Olympus, Markham, Canada) equipped with a CCD camera 
(RETIGA 2000R, Qimaging, Surrey, Canada); and then the specimens were loaded in tension to complete failure 
at loading speed of 0.005 m/s. The load was measured by using a 100N load cell. Images were taken throughout 
the entire test every 10 seconds using the CCD camera. 

3.3 Tensile tests results 

The stress-strain curves of entire scale and collagen samples in three directions (0°, 45°, 90°) resulting from the 
tensile tests are depicted in Fig. 3, showing quite different tensile behavior of these two types of samples. The 
tensile stress-strain curves of entire scale samples were initially linear with a corresponding Young's modulus (E) 
of 859 ± 81 MPa, 638 ± 103 MPa, and 801 ± 240 MPa for the 0°, 45°, and 90° direction (Fig. 4a), respectively, 
followed by a nonlinear region with lower stiffness. The first stress drop corresponds to the failure of bony layer; 
afterward the collagen layer takes the entire load with considerable ductile deformation before the complete 
failure with a maximum strain up to 0.5. Corresponding optical images of the fracture surface indicates that sliding 
of collagen lamellae and pulling out of individual collagen fibrils are responsible for the large deformation. The 
tensile strength of entire scale is 32.1 ± 3.7 MPa, 47.0 ± 9.1 MPa, and 51.7 ± 8.5 MPa for the direction of 0°, 45°, 
and 90°, respectively (Fig. 4b). 

By contrast, the collagen samples showed a linear elastic response (E -462 ± 72 MPa, 429 ± lb MPa and 452 ± 
28 MPa for 0°, 45°, and 90° (Fig. 4a)), followed by a region of large inelastic yielding before starting to fail at the 
maximum stress (tensile strength) of 63.5 ± 6.5 MPa, 66.7 ± 5.5 MPa and 64.5 ± 7.1 MPa for the direction of 0°, 
45°, and 90°, respectively (Fig. 4b). The maximum strain at complete failure is at the range of 0.3-0.5, which 
provide the fish scale with excellent plasticity. The similarity in the Young's modulus and tensile strength of 0°, 
45°, and 90° directions further proved the hypothesis of orthogonal plywood-like structure in the collagen layer, 
but in a curved structure around the scale's focus. One should note that the tensile strength of collagen sample is 
higher than that of entire scale, indicating although the bony layer is stiffer, but weaker than the collagen layer in 
tension. 
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Fig. 3 Tensile stress-strain curves: (a, b, c) entire scale; (d, e, f) collagen layer in 0°, 45°, and 90° directions 
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Fig. 4 Mechanical properties of entire scale and collagen layer: (a) Young's modulus; (b) tensile strength 

4. Penetration Performance 

4.1 Experimental procedure 

In order to evaluate the penetration resistance of a single scale, by emulating a predator's attack: a sharp tooth 
penetrating the scale resting on a soft substrate, penetration tests have been conducted on the same miniature 
loading stage (Ernest F. Fullam Inc., Latham, NY). A load cell with a capacity of 22.5 N was fitted on the frame for 
load measurement. A steel needle, which simulates a sharp tooth of a predator, was clamped on one crosshead 
with a cover plate and two bolts. A block of soft silicone, which simulates the flesh of fish to support the scale, was 
supported by a "U" shaped fixture. The steel needle will travel towards the central area of the scale at a speed of 
0.005 mm/s until the scale has been penetrated (Fig. 5). 

Fd 

Steel needle to simulate a sharp 
tooth 



Fish scale 




Soft silicone 
substrate to 
simulate flesh 



Fig. 5 Schematic diagram of single scale penetration test setup 



4.2 Penetration test results and failure mechanisms 



In the case of pull penetration the load-displacement curve consists of three distinct regions: i) linear region 
followed by first load drop, ii) secondary load increase with peak load, iii) post peak region (Fig. 6). When the 
needle tip (indenter) starts to make contact with the bony layer, the scale and soft substrate deform to resist the 
penetration. Although the load increases linearly up to the first peak, the actual behavior of the system (scale and 
substrate) is far more complex than linear elastic deformation. When the load increases to 1.0 N, only the top 
surface of the bony layer is damaged. However when load increase to 1 .5 N, the indenter has partially penetrated 
into the bony layer and generated a crater with a diameter of 45 micron. The linear response up to approximately 
2.5 N is resulted from the combination of the weakening due to damage/cracking development in bony layer and 
the strengthening of collagen layer and substrate. When the bony layer completely fails, the load decreases a little 
amount (5-10%) and increases again because the underneath collagen layer and substrate provide additional 
resistance. A small hole appears on the top surface at the center of the penetration size (not complete through the 
bony layer), further contact of the indenter with the scale enlarges the hole due to the expanding diameter of the 
indenter, multiple circumferential cracks develops around the penetration site, and four radial cracks (Fig. 7a) due 
to flexural stress emerge from the rim of the hole and propagate towards the edges of the scale while the indenter 
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penetrates through the scale. As long as the indenter fully penetrates into the substrate, the load decreases again 
and causes extensive delamination and damage in the collagen layers (Fig. 7b). In the partial penetration case, 
the tests were stopped right after the load started to decrease at about 2.5 N. The SEM images of partially 
penetrated scale show a small hole (shear plug) at the center of the penetration site as well as the four flexural 
cracks through the thickness of the bony layer, but no damage in the collagen layer (Fig. 7c, d), indicating the first 
load drop in the load-displacement curves is due to the failure of bony layer. The multiple circumferential cracks 
are still visible and less extensive compared to the fully penetrated sample. 
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Fig. 7 SEM images of tested scales: (a, b) full penetration; (c, d) partial penetration 



5. Conclusions 



This article presented the structure and mechanical properties of a single teleost (ctenoid) fish scale from striped 
bass. The penetration resistance and failure mechanism of a scale under concentrated loading (similar to a 
predator's bite) was investigated by penetration tests with the assistance of SEM images. 
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In particular, we have the following observations: 

a) The collagen layer is made up of nnultiple layers of collagen fibrils arranged in an orthogonal "plywood" 
manner, but in a curved structure around the scale's focus. 

b) The bony layer failed with the formation of four radial cracks through the thickness and multiple 
circumferential cracks on the top surface of the scale around the penetration site. The collagen layer and 
substrate deferred the formation and development of the radial cracks. 

c) The mechanical properties of scale and collagen layer do not strongly depend on the sample direction of 
0°, 45°, and 90°. The bony layer is stiffen but weaker than the collagen layer in tension. 
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ABSTRACT 

Hydroxyapatite (HAp) based composites are used in numerous biomedical applications from bone pastes and cements to 
tissue scaffolds. Chitosan (Ch) is a ubiquitous biocompatible polymer derived from chitin which is soluble in acidic solutions 
and can be found in natural organisms such as shellfish. Past work has demonstrated that composites of HAP-Ch have high 
mechanical strength when processing conditions are optimized. Here, we present the effects of changes in the HAP/Ch mass 
fractions, the use of malic and citric acids on chitosan processing, and of nanoscale HAp particles on the composite strength 
and modulus. SEM is used to analyze the fracture surfaces and identify matrix-particle bonding morphology. Chemical 
variations are measured within the material structure by the use of FTIR and EXAFS and related to the composite processing 
changes. 

1. Introduction 

Hydroxyapatite-chitosan composites are unique biopolymer composites that have been explored recently for various 
biomedical applications. The composites are biodegradability and biocompatibility lending to the biomedical interests. 
Hydroxyapatite (HAp), a calcium phosphate compound Caio(P04)6(OH)2, is a hard and brittle ceramic that has been used 
extensively in many biomedical applications due to its osteoconductivity, biocompatibility, non-toxicity, non-inflammatory, 
and non-immunogenic nature [1]. HAp has been used for treating bone defects. Additionally, HAp is one of the main 
substances forming mineralized tissue in nature (the others being calcite and aragonite); therefore it is highly biocompatible 
and has been used as bone substitutes [2]. However, due to HAp's hardness and brittleness, it is usually used as composite 
filler that incorporates a compliant polymer to compensate for the brittle ceramic HAp phase [3]. 

An organic polymer that has been explored for this purpose is chitosan [4]. Chitosan (Ch), C6H11NO4, is a partially 
deacetylated derivative of the naturally occurring chitin. Ch and chitin can be found ubiquitously in shellfish [5] and other 
naturally occurring organic structures. Additionally, it is biocompatible, biodegradable, nontoxic, and has anti-bacterial 
properties [4]. This naturally occurring polymer readily dissolves in many acidic solutions and is soluble in dilute acids with 
pH < 6 where the free amino groups in Ch are protonated in the acid medium [6]. In this paper we characterize HAp/Ch 
composites by analyzing the chemical structure to determine if chemical bonding is occurring at the particle -matrix interface, 
which is a critical location for the strength of composites. Mechanical flexural testing is used to assess the composite 
strength which have been shown previously [7] to have strong interfacial bonding. 

2. Materials and Methods 

2.1. Materials 

Chitosan powder of medium molecular weight (molecular weight ranges from 190,000 - 310,000) with 75-85% degree of 
deacetylation was used for all manufactured materials. Reagent grade synthetic HAp powder with molecular weight of 
502.31 was also used. DL-Malic acid powder with molecular weight of 134.09 was used for dissolution of chitosan. All 
reagents were obtained from Sigma Aldrich (USA). Deionized water was used throughout the experiment. 

2.2. Sample Preparation 

Composite samples were made by creating a chitosan sol using 0.9g of Ch and 1.14g of malic acid in deionized water. The 
chitosan-malic acid sol formed a gel after constant stirring. HAp was added to the gel in HAp:Ch ratios ranging from 12 to 
33, and mixed vigorously to combine and distribute the particles. The HAp/Ch/Malic acid compound is spread to a thickness 
of ~2 mm on aluminum plates to dry for 24 hours in laboratory air. Samples easily release from the metal plates and are then 
cut into rectangular samples for three-point bending tests as per ASTM D790. Top and bottom surfaces are polished with 
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standard metallographic polishing pastes to planarize the surfaces. Sample thickness is typically 1.5 mm after preparation. 

Samples for performing FTIR spectroscopy were made separately so as to isolate the chemical contributions between 
components. First, O.lg of malic acid was dissolved in 12. 5g of water. Once dissolved, 0.134g of Ch was added into the malic 
acid solution. This solution was vigorously stirred until the Ch was homogenously dissolved. A droplet of the solution was 
placed on a glass slide with a pipette. The slide was left at room temperature to dry for 12 hours. After drying, a thin film of 
Ch dissolved in malic acid solution remains. A second type of sample was made by adding 0.0 15g of HAp powder to the Ch 
and malic acid solution. After vigorous stirring of the HAp until homogenous distribution is reached, a droplet of the 
resulting HAp/Ch/malic acid solution was placed on a glass slide. The slide was left at room temperature to dry for 12 hours. 
The result after drying is a thin film of HAp/Ch/malic acid, where a low particle loading exists. These samples allow for 
detailed chemical analysis of the HAp/Ch interface. 

2.3. FTIR Characterization 

The chemical interactions between the components of the composite are investigated by Fourier transform infrared 
spectroscopy (FTIR). FTIR spectroscopy was performed using a Thermo Nicolet Magna 860 and Continuum IR Microscope 
at the National Synchrotron Light Source (NSLS) at Brookhaven National Laboratory (Upton, NY) using beam line U2B. 
Spectra were taken with 128 scans, a spectral resolution of 4 cm"\ an aperture size of 15 jum x 15 jum, and a MCT detector. 
The FTIR spectroscopy was performed for the Ch in malic acid sample with no HAp, and also for the Ch in malic acid with 
HAp sample. For the latter, spatial mapping of the spectroscopy was done starting from a location away from a HAp particle 
and performing 7.5 |Lim steps to move closer to the HAp particle (see Figure 1). 




X-position (|jm) 

Figure 1 : Optical image of the HAp/Ch/malic acid film sample used to for spatially resolved FTIR. The FTIR was started at 
the location on the left shown by the + mark. Equidistant steps of 7.5 jum moved in the direction toward the right. Between 
45 and 60 jum is the HAp particle. 

2.4 EXAFS Characterization 

Extended range x-ray absorption fine structure (EXAFS) spectroscopy was performed on Ch/HAp composites (same type 
fabricated for mechanical testing) using BNL-NSLS beam line XI 5B. Samples are placed in a He-filled hutch where a 
maximum of 15 keV energy beam is incident on the sample. A fluorescence detector absorbs ejected photoelectrons which 
are recorded as a function of energy. 



2.5 Mechanical Testing 

Three point bending tests are performed on the composite samples following ASTM D790 standard. The tests determine 
flexural strength and modulus of the composites. Specimen sizes are ~38 x 13.5 x 1.5 mm (L x W x H). Support geometry 
followed ASTM D790. The span was set for 25.4 mm and a crosshead rate of 0.66 mm/min. was used. 
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3. Results and Discussion 



3.1 Ch and Malic Acid Chemical Interaction 

The FTIR spectra of the chitosan dissolved in the malic acid solution is shown in Figure 2. Peaks which are characteristic of 
Ch, such as the amide I absorbance band at 1660 associated with the C=0 in the acetylated unit of the Ch [8], are no longer 
present. This is a possible indication that the malic acid reacts with the amino group of the N-acetyl-D-glucosamine units. 
Another characteristic peak of Ch is the -NH2 peak at 1590 [9]. This peak has shifted to 1575 indicating the malic acid 
reacted with the amino group in the deacetylated units. Other characteristic peaks are observed to have no change, such as the 
bridge C-O-C stretch at 1155 and the skeletal C-0 stretch at 1081 and 1035 [10]. This possibly indicates that the malic acid 
did not interact with the bridge in between the chitosan units. The peak at 3396 relates to the -OH stretch vibration in the 
hydroxy 1. 
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Figure 2: FTIR spectra from a film of Chitosan dissolved in malic acid. 
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Figure 3: FTIR spectra of HAp/Ch/malic acid film at a position within the chitosan matrix far from a HAp particle (position 
jLim in Figure 1). 



3.2 HAp/Ch/Malic Acid Chemical Interactions 

The chemical interactions between HAp, Ch, and malic acid were investigated by examining the FTIR spectroscopy of the 
low-dispersion HAp in the chitosan and malic acid matrix. The FTIR spectra at locations farthest from the HAp particle 
exhibited similar characteristics regardless of the particle distance. Figure 3 shows a typical FTIR spectrum away from the 
HAp particle. To note, the FTIR spectra of the HAp/Ch/malic acid far away from the HAp particle is different from that of Ch 
in malic acid alone. The 1718 C=0 peak for the Ch in malic acid has shifted to 1709. Similarly, the 1575 -NH2 peak has 
shifted to 1563, and the 1082 skeletal C-0 stretch shifted to 1104. The fact that all these changes occurred far from the HAp 
particle suggests that material from the HAp particles and is interacting with the chitosan and malic acid throughout the 
matrix. The change in the amino group of the chitosan indicates that HAp is reacting with the chitosan in that functional 
group. However, since the malic acid also reacted with the amino groups in the Ch/malic acid film, the C=0 bond in the 
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malic acid was affected too. Currently, it is unclear why the 1082 C-0 skeletal stretch shifted to 1104. 

When imaging directly a HAp particle in the Ch/malic acid matrix, the resulting FTIR spectra, when compared with that of 
the matrix far from the particle (cf. Fig. 3 with 4), shows that there are additional small peaks between 1500 and 1600. Also, 
there is a new peak at 969. The small peaks from 1500 to 1600 superimposed on the larger 1562 peak suggests the presence 
of carboxyl. The fact that these peaks appeared only when imaging the HAp particle directly suggests that HAp is interacting 
with the carboxyl in the malic acid. The carboxyl may be the chemical bond that attaches the HAp particle to the Ch matrix. 
The new peak found at 969 may be related to the vl P-0 symmetric stretch [11], identifying chemical changes in the HAp at 
the surface. The chemical analyses have shown that there are chemical bonds between the HAp and Ch matrix are used to 
manufacture the composites. The strength of the bonds will provide important indicators of the composite mechanical 
properties. 




Figure 4: A close up view (1470-1780 cm"^) of the FTIR spectra for the matrix region of the HAp/Ch/malic acid film 
compared with the spectra taken directly on a HAp particle (position 52.5jLim in Figure 1) in the film. 

3.3 EXAFS Characterization 

Absorption data were collected for an energy range of -2.1 to 2.75 keV. This range includes the pre-edge and near-edge data 
as well as the EXAFS data for phosphorous and apatite. Data are plotted as the log of the ratio of the incident to transmitted 
adsorption versus the beam energy. Figure 5 shows the results for the HAp powder overlaid with the HAp/Ch composite; 
both data sets have been normalized. Each result represents the average of 10 independent adsorption scans. Disruptions in 
the extended range indicate changes in the apatite structure due to the addition of chitosan. Utilizing the ATHENA software 
[12], the background subtracted adsorption data plotted in k-space shows similar scattering for both the HAp and HAp/Ch 
composite (Fig. 6), though shifts and changes in the peak data are present, indicating a structural change in the apatite crystal. 
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Figure 5: Extended x-ray adsorption fine structure (EXAFS) spectra (normalized adsorption coefficient v. energy) of HAp 
powder and HAp/Ch composite. Near edge at -2140 eV is similar for both materials, though differences in the extended 
range are evident indicating changes in the apatite structure with the addition of chitosan. 
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Figure 6: Extended x-ray adsorption fine structure (EXAFS) spectra (background subtracted adsorption v. wave number) of 
HAp powder (left) and HAp/Ch composite (right). Scattering is similar for both materials, though differences in the peak 
shapes and shifts exist indicating changes in the structure. 

3.4 Mechanical Characterization 

The three point bending tests yielded load versus cross-head displacement results that are plotted as flexural stress versus 
strain (Fig. 7). From ASTM D790, the toe region at the beginning of the test was subtracted out of the displacement data 
before conversion to strain. The flexural strength is calculated using the maximum load at failure, which was fracture of the 
sample, and is 14.7 MPa. The result is similar to those of Sun et al. [3], whom found strength values of calcium phosphate- 
chitosan cements ranging from 4 to 14 MPa. The slope of the loading curve was calculated from the data as 46 N/mm, which 
yields from bending theory at flexural modulus of 3.1 GPa. Previous studies [7] have shown by SEM that fracture of 
Ch/HAp composites occurs within the HAp particles and the matrix and not at the particle interface, indicating that a strong 
matrix-particle bond exists. 



Flexural Stress and Strain Under Three Point Bending Test 
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Figure 7: Flexural stress versus strain for three point bending test of the HAp/Ch composite. Flexural strength of 14.7 MPa 
and modulus or 3.1 GPa were measured from the data. Failure occurred due to fracture of the sample at center span. 



4. Conclusions and Future Work 

Composites of hydroxyapatite powders and chitosan were manufactured and characterized for their chemical structure and 
mechanical properties. FTIR spectroscopy shows that the amino group both in the acetylated and deacetylated units in 
chitosan and the carboxyl in malic acid are the chemical glue that holds the Ch/HAp composite together. EXAFS data 
supports the results that there are strong bonds between the chitosan and HAp indicated by changes in the apatite structure for 
the composite. Three point bend tests of the composite found a flexural modulus of 3.1 GPa and strength of 14.7 MPa which 
are similar to values reported in the literature for Ch/HAp composites. The study to date indicates that the strength of the 
composites is due to chemical interactions between the HAp filler and chitosan matrix. Future work will entail extraction of 
changes in bond distances from the EXAFS data compared with mechanical testing of composites made with different mixing 
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ratios. Since the composites are intended for implantable applications, stabilization of the chitosan matrix will be performed 
and samples tested in aqueous environments to determine the effect on mechanical properties. 
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ABSTRACT 

The mechanical properties of a new poly(KAMPS)/aragonite composite are investigated. The composite is fabricated using 
biomimetic pathways and formed entirely from dilute aqueous solutions. Nanorods of aragonite are formed within a matrix 
of poly(KAMPS)-based polyelectrolyte and a nanostructred material with rod widths of 120nm and polymer-filled spacings 
of 10-20nm is created. Nanoindentation is used to measure mechanical properties of the composite material. The elastic 
modulus of 44GPa and hardness of 2.8GPa are found similar to that of nacre and exhibit a hardening mechanism at the 
nanoscale. The new biomimetic composite has application in the biomedical and dental fields. 

1. Introduction 

Well-controlled nanostructures obtained via polymer-mediated synthesis have generated considerable scientific and 
technological interest.[l] The ability to control the nucleation and growth of hierarchical structures often leads to fascinating 
shapes combined with remarkable mechanical properties but requires a high level of control over structure, size, morphology, 
and orientation by assembly at organic surfaces. [2] Calcium carbonate (CaCOs) is one of the most studied systems for its 
pivotal role in understanding the natural mechanism of biomineralization and for designing new biomimetic composite 
materials [3, 4]. A classic and widely studied [5-10] example of a biocomposite is the nacre of abalone shell, composed of 
hexagonal platelets of aragonite (a polymorph of CaCOs), 10-20 jum wide and, 0.2-0.9 jum thick, arranged in a continuous, 
parallel lamina. These layers are separated by sheets of organic matrix (10-50 nm thick) composed of elastic biopolymers 
such as chitin, lustrin and silk-like proteins [11]. This mixture of brittle platelets and thin layers of elastic biopolymers make 
the material strong [12] and resilient (shock absorbent). Strength and resilience are also likely to be due to adhesion by the 
"brickwork" arrangement of the platelets, which inhibits transverse crack propagation. This design at multiple length scales 
increases its hardness enormously, making the biocomposite similar to that of silicon [13]. 

The intimate association of organic/inorganic materials of nacre and its structure -function relationship has inspired a large 
class of biomimetic-advanced materials. [14] The addition of organic polymers to inorganic components markedly improves 
the ability to absorb energy during deformation of composites. [15] Traditional ceramics are brittle, and have been improved 
upon with new ideas such as reversible toughening mechanisms, and large fracture tolerance, [16, 17] leading to the 
development of ceramics with an order larger toughness. The toughness of these materials though remains lower than that of 
steel. Studying the materiomics of natural biocomposites may create the ability to, by mimicking their nano structuring and 
mechanisms, fabricate ceramics that are 50 times tougher. [18, 19] Biomimetic strategies have been proposed to develop 
materials with mechanical characteristics similar to nacre [20-26], and there have been many materials fabricated to either 
mimic nacre or to mimic the mechanisms of nacre to create toughening. A comprehensive review can be found in [27]. 
However, none of them can truly recreate the similar aragonite 'bricks' with the remarkable mechanism of platelet sliding, 
because most conventional processing techniques simply do not offer the nanoscale level of control needed to create a highly 
regular bricks-and-mortar-type arrangements. Biomimicry of the toughening mechanism of nacre has been performed at 
larger scales where control of the processing proves simpler, and has demonstrated successfully the toughening. Here, a 
simple, economic, and one step strategy to engineer polyelectrolyte -based composite materials that mimics both nanoscale 
structural and mechanical properties of nacre is introduced. 

Previously, it was found that on the molecular level, calcium-mediated sacrificial bonds increase stiffness and enhance 
energy dissipation in bone. [28] The ability of a polymeric component to infer a large fracture or adhesion energy is related to 
the bonding to the more rigid components and the ability to sustain a significant elongation without complete breakage. 
Among the various kinds of polymeric components employed as adhesion based-assembly in bioinspired morphosynthesis, 2- 
acrylamido-2-methyl-l -propane sulfonic acid (AMPS) based polyelectrolyte is considered to be extraordinarily effective. 
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These types of polyelectrolyte are used to control the colloidal stability and rheological responses of a wide range of 
industrially important products and processes, including in the food [29] and paper industries [30] and in enhanced oil [31] 
and water purification. [32] They respond rapidly to changes in pH, ionic strength, and temperature; and form strong gels are 
of particular interest for medical and pharmaceutical applications. [33,34] In addition to their technical applications and 
particular solution properties, polyelectrolyte s modify the crystallization behaviour of minerals formed from solutions. A 
particular interest of ours is the way in which such polyelectrolyte controls CaCOs crystallization and the ability to readily 
form sacrificial bonds at the interface between the inorganic components. [35-37] 




Fig. 1. Scanning electron microscopy images of nacre -like carbonate composite material, a) side-view of the as-prepared 
sample obtained in the presence of poly (KAMPS), b) higher magnification SEM image show that the "brickwork" 
arrangement of the aragonite nanorods and c) a single aragonite nanorod. 

2. Synthesis and Characterization 

The scanning electron microscopy (SEM) images shown in Fig.l illustrates the nacre -like carbonate composite (polymer 
adhesion by the "brickwork" arrangement of the nanorods) attainable by double decomposition reaction. Details of the 
synthesis can be found in [38]. The morphology of the composite was further examined by transmission electron microscopy 
(TEM) under high magnification. The composite micro structure observed by TEM looks like intertwining sheaves (Fig. 2a). 
Sheaves are formed of nanorods lying parallel to one another, separated by thin layers of polyelectrolyte (10-27nm), 
composed to form nacre-like carbonate composite (Fig. 2c). From the analysis of TEM images from Fig. 2a and c, it was 
found that nanorods have average widths of 120 ± 2 nm and lengths of up to 10 |Lim, which is in good agreement with the 
dimensions of the seashell nacre. All nanorods have similar width and appear to grow in the [010] direction as demonstrated 
by its selected area electron diffraction (SAED) pattern (Fig. 2b). From SAED, and XRD diffraction experiments [38], an 
orthorhombic unit cell was proposed for the nacre-like carbonate composite with space group Pmcn (62) with lattice 
constants of a=0.496 nm, b=0.796 nm, and c=0.574 nm (JCPDS card no. 76-0606), indicating that the prepared nacre-like 
carbonate composite is single crystals of aragonite. All together, the characterization data confirm the co-existence of 
uniform intertwining sheaves of aragonite nanorods and polymer layers, analogues of a nacreous biocomposite material. 

Salient points regarding the synthesis and characterization are summarized as follows: 



The growth process from amorphous calcium carbonate (ACC) nanoparticles to the final single crystal was investigated 

by TEM by monitoring the early stages of the crystal growth and found to fuse to form aragonite mesocrystals (aligned 

single crystals). 

The growth mechanism of the nacre-like carbonate composite is analogous to the construction of natural nacre aragonite 

platelets. [39, 40] 

Faces of CaCOs are highly charged, because they are composed of only calcium or carbonate ions, which are organized 

in alternating layers. [41] This was confirmed by FTIR, and the adsorption of positively charged NHs-quantum dots 

confirmed the presence of polyelectrolyte layers, at the interface between the aragonite nanorods. [38] 
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The poly (KAMPS) forms strong gels, which results in bonding at the interface between the aragonite nanorods. and 
leads to an adhesion of the "brickwork" arrangement of the aragonite nanorods that mimics the natural structure of nacre. 
The interfaces between the two rigid (inorganic) components determine the mechanical properties of the composite, 
which will be enhanced if the inorganic are modified by polymers. [42, 43] 

After washing by milliQ water and anhydrous ethanol, respectively, ~5 wt% polyelectrolyte is still present in the nacre- 
like carbonate composite. 




Fig.2. Transmission electron microscopy (TEM) images of nacre-like carbonate composite material shows a) intertwining 
sheaves of aragonite nanorods, b) selected-area electron diffraction pattern from a single aragonite nanorod, c) nanorods lying 
parallel to one another, separated by thin layer of polyelectrolyte, d) High Resolution TEM image of a selected surface area 
of the single crystalline aragonite nanorods. 

3. Nanoindentation 

3.1. Experimental 

All mechanical property measurements were performed by nanoindentation with a Berkovich diamond using a NanoTest 
nanomechanical system (Micro Materials, UK). A fused silica substrate was used to calibrate the diamond area function and 
machine parameters. The composite material was embedded in an epoxy resin (Buehler Epoxicure) and polished using a 3 
step process after curing. Two individual domains of the composite were located with sizes of 100-200 |Lim and indentations 
were performed across the entire domain length, including the epoxy resin region for comparative purposes. The loading and 
unloading rates were 0.1 mN/sec, with a maximum load of 2 mN. A 10 sec. hold at the maximum load is used to measure 
material creep effects. The slope of the initial unloading curve represents the elastic response of the material and was 
analyzed by the Oliver and Pharr method [44] to determine hardness and elastic modulus. 



3.2. Results and Discussion 

The tightly packed aragonite nanorods and polyelectrolyte as highly regular layer -by-layer micro structure form desirable 
interfaces (Fig. la, b and Fig. 2a,c), which might be critical to maintaining mechanical integrity for bone substitution. ^^^^ 
Nanoindentation was used to assess, at the microstructural level, material properties of the nacre-like carbonate composite. 
Load-displacement curves from the embedded composite are shown in Fig. 3 left where typical maximum depths were 150- 
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200 nm. The Oliver and Pharr method was used to analyze the load-displacement data, with the resulting reduced elastic 
modulus (E) and hardness (//) shown in Table, Fig. 3 right. The average value for the reduced elastic modulus was 43.4 ±6.1 
GPa, and the hardness was 2.8 ± 0.5 GPa. The modulus values are found to be larger than those of other nacre-like 
biocomposite materials which ranged from 1 GPa for a "stack like" CaCOs [26] measured by indentation to 11 GPa for 
layered polyelectrolyte clay materials [20] measured in tension. The results were similar to the 45 GPa modulus measured in 
tension for nano-clay composite sheets, [45] but lower than that of aragonite (value of 80 GPa). It is interesting that our 
nacre-like carbonate composite modulus results proved similar to that of natural nacre [54] (30-45 GPa). 
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Fig.3. Left: Nanoindentation load-displacement curves for the carbonate composite material. Table right: Material 
characterization results for the Hardness and Reduced Elastic Modulus performed by nanoindentation. 




Fig.4. Left, schematic demonstrate: The poly (KAMPS) at the interface has strong adhesion to the aragonite nanorods. Under 
load, large extension occur and cohesion is maintained between aragonite nanorods over a displacement of 10 nm. The shear 
strains at the interface are locally much higher and the poly (KAMPS) may contribute to the hardening observed at the 
microscale, where nanoscale slip or compaction events (arrow on the right) occur while loading as observed in the load- 
displacement curve for the composite material. Right: Load-displacement curve for composite material showing nanoscale 
slip or compaction events (arrows) occurring while loading. 



During the loading portion of the indentation, evidence of pop -in is observed and is shown in Fig. 4 right. Arrows indicate 
locations where a jump in displacement was observed at a given load. This behaviour has also been seen in the indentation of 
nacre [46] where it is attributed to the movement of the interfaces between nacre's tablets. This is an indicator that our nacre- 
like carbonate composite responds in a similar manner, where the material interfaces may compact or slip and then stiffen 
(Fig. 4 left), creating a hardening in the material. The displacement distance is estimated from Fig. 4 to be -10 nm for each 
event. The behaviour was observed to become more rapid with increasing load, an indication that the mechanism may be 
dependent on a critical load or stress, and likely that the indenter was 'sensing' interfaces deeper into the material. The 
observed slip results were highly repeatable and found to occur in most of the P-h curves. The exact nature of this mechanism 
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may be related to the polymer chain length or the polymer-mineral bonds holding the composite together, and is worth further 
investigation, for example it is unknown at this point if the displacement is due to purely compaction or a combined 
compaction-sliding event. From TEM, the interface surfaces do not exhibit nanoscale asperities which have been associated 
with hardening in nacre from sliding [9] nor dove-tailed interlocking [10,19,47], though the polymer adhesion at the interface 
[48] is believed to play a major role. Due to the fact that the poly-KAMPS based composite has different structure than nacre 
(rods versus plates), the structural significance of platelet rotation is lost. To note, the composite did not exhibit creep 
behaviour at the maximum load hold (see Fig. 5). 
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Fig. 5. Creep hold data from nanoindentation of nacre-like carbonate composite material and the epoxy used for sample 
molding. 

4. Conclusions 

In summary, we have obtained an adhesion by the "brickwork" arrangement of the aragonite nanorods that mimics both 
structural and mechanical properties of natural nacre by a rapid, economical and scalable one -step methodology in the 
presence of polyelectrolyte. Structural and spectroscopic analysis reveals that the uniform intertwining sheaves of aragonite 
nanorods with a unique orthorhombic shape were generated via an oriented attachment mechanism, where ACC nanoparticles 
in the early stage combine and fuse to form single crystals. The new nacre -like carbonate composite has a modulus and 
hardness on a similar order to nacre and other bio-composites, exhibits limited creep, and demonstrates a nanoscale 
deformation that may associate to hardening. Our nacre-like carbonate composite with a small amount of polyelectrolyte on 
the surface can be potentially used as fillers in biocomposites with excellent bioactivity and high mechanical properties. 
Finally, we note that our nacre-like carbonate composite material mimicking some of the mechanisms of deformation and 
structure of nacre could lead to new high-performance materials, thereby greatly intensifying their range of application. 
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ABSTRACT 

R-curve characterizes the resistance to fracture of a propagating crack on a brittle material. Ceramic filler material 
can be added to the PMMA bone cement to improve its resistance to fracture of a propagating crack. The 
motivation of this study was to improve the fracture resistance of the composite bone cement by incorporating 
bioactive ceramic nanoparticles with the bone cement. The hypothesis of this study was that extrinsic toughening 
characteristics of composite cement affect bone-composite fracture toughness. Two specific objectives were 
achieved during the study: (1) the fracture properties of composite cements were evaluated using in-situ field 
emission scanning electron microscope (FESEM), (2) R-curve affects on the fracture toughness of composite 
cements were examined using in-situ FESEM based R-curve measurement techniques. ASTM standard bow tie 
single edge notch tension specimen was fabricated using commercial PolyMethylMethAcrylate (PMMA) bone 
cement, bone cement with MgO micro and nanoparticles. The in-situ FESEM SENT fracture tests were conducted 
on cement specimens at a speed of 1.1 pm/sec. using Evex SEM tensile test stage. This study found that the 
initiation stress intensity factor of the CBC specimen was higher compared to MgO additives incorporated CBC 
specimen. Higher energy is required for CBC specimen compared to the composite CBC specimens to propagate 
crack up to failure. MgO particles contribute to the origin of voids in the cement structure which affect the 
structural integrity MgO incorporated PMMA bone cement. 



BACKGROUND 

The debonding of the PMMA cement from bone or implant is frequently 
reported in literature [1-8]. In the case of total hip replacements, implant 
loosening occurs due to debonding of either the bone-cement or 
prosthetic-cement interfaces [2, 4]. A current trend of biomaterial 
research is focused on the use of nanomaterials to solve the debonding 
problem by improving the fracture properties of composite cements [9- 
13]. The suitability of a nanocomposite cement to solve the debonding 
problem requires complete understanding of the fracture behavior of 
bone-nanocomposite cement or prosthetic-cement interfaces. Though 
the incorporation of nanoparticles to conventional cements showed 
improved mechanical, biological and chemical properties [9-16], the 
influences of nanoparticles on fracture toughness of bone- 
nanocomposite interfaces is not understand yet. The problem of 
debonding between bone and conventional cement cannot be solved 
just by enhancing the mechanical properties of the cement by 
incorporating nanoparticles to cement. The debonding problem can be 
solved by proper selection of the nanomaterials and accurate controlling 
the surface area of interface in such a way that these nanomaterials can 
provide extra resistance to the propagation of the crack at bone- 
nanocomposite or prosthetic-cement interfaces. 




Figure 1 Representation of a typical 
R-curve for crack extension length, 
Aa. In the figure, Kiappi, K|ex and Kitip 
are the applied, extrinsic and total 
crack tip SIF, respectively, ao is pre- 
crack length at which Kitip = K|o and 
ac critical crack length at breakage 
where K^ip = Kic. K|o and Kic is known 
as initiation and fracture toughness, 
respectively. 



In brittle material, the behavior of increased fracture toughness with 

crack propagation is known as fracture toughening or R-curve behavior 

[17]. Figure 1 shows a typical R-curve for a brittle material. Recently, 

several research groups reported improvement of the fracture toughness of conventional bone cements by 

incorporating nanoparticles to cement [18, 19]. Chan research group [16] reported improved fracture toughness of 

bioactive composite cement (bis-GMA based monomer blend) by addition of Schott glass and Si02 nanoparticles. 
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Fracture toughening behavior (e.g. particle bridging, debonding at the poles of particle/matrix interface, crack 
trapping and crack deflection around the particles) was identified as the cause for this improved fracture 
toughness [16]. But the improvement of interface fracture toughness of composite bone cements due to 
incorporation of bioactive nanoparticles to cement is not known yet. 

Research found that size, quantity and dispersion of additive particles in cement controls the fracture properties 
of composite cements [18]. Effects of specimen geometry (e.g. width, thickness, initial crack length) on fracture 
toughness of various bones were reported in literature [24-27]. The type of loading (tensile, bending) used in 
mechanical testing also affects fracture toughness of bone-cement interfaces [28]. The early part of the R-curve 
(Figure 1), typically less than 500 |jm in length, determines the reliability and strength of bone and cement 
materials. It is difficult to measure this length accurately using conventional microscopic (e.g. micro Raman 
spectroscopy, Confocal Microscope, Epifluorescence Stereo- microscope). Accurate measurement of R-curve is 
reported in literature using microtensile or microbend tester by in-situ environmental field emission scanning 
electron microscope (FESEM) [29, 30]. Also, digital image correlation (DIG) method was utilized by researchers to 
evaluate crack tip displacement and stress field in biological tissues [31-33]. In this study in-situ FESEM 
experimental technique will be used to measure the mixed mode fracture resistance curve of various composite 
bone cements. 

The most challenging issue associated with commercially available PMMA bone cements such as Cobalt (Biomet, 
Inc.), Simplex (Stryker, Inc.), Palaces (Heraeus company) for the application of total joint replacement is their poor 
osseointegration (incorporation of the cement with surrounding bone tissues) [5]. Problems about infection and 
loosening of the bone cements at the bone-cement interface have been reported in literature [6]. One way to 
reduce infection and loosening would be to promote osteoblast cell growth around the cemented surfaces. Such 
cells can eliminate contact between the bone and the environment and restricting contamination at the cemented 
prosthetic joint. Another way to reduce loosening would be to increase mechanical interlock between bone and 
cement [7-8]. This can be done by enhancing the surface roughness of the PMMA cement. Several research 
groups found improvement of PMMA bone cements surface roughness properties by incorporating different kinds 
of bioactive filler materials with the PMMA cement [6, 9-12]. Recently researchers found MgO, Silver, 
hydroxyapatite nanoparticle filler materials improve bone healing properties of conventional PMMA bone cements 
[6, 9-10, 12-14]. The influences of the inclusion of these additives with bone cement on the fracture strength were 
not investigated yet. Such study is required for the suitability of using the additives with the bone cement. Ricker 
et al.[12] research on PMMA cement showed increased surface roughness, and enhanced cell adhesion of 
mouse osteoblast cell on PMMA due to the inclusion of MgO additives with PMMA. The suitability of incorporating 
MgO additive with bone cement requires complete understanding of the failure mechanism of bone/MgO additives 
incorporated bone cement interfaces. No study has been conducted to evaluate the effect of MgO additives on 
the mechanical integrity between bone and PMMA cement with MgO additives. In this present study, three kinds 
of bond cement were investigated. Cobalt™ HV bone cement (referred in this literature as CBC), a commercial 
orthopedic bone cement, was used as control PMMA bone cement. CBC with 36 |jm and 22 nm sizes MgO 
powders were used as the experimental bone cement specimen. 

MATERIALS AND METHODS 

SAMPLE PREPARATION 

According the Biomet, Inc recommendation, 10 grams of poly Methyl MethAcrylate (PMMA) beads was as added 
to 5 ml of benzoyl peroxide monomer to prepare the Cobalt" HV bone cement (CBC) specimen. Both 36 pm and 
22 nm sizes MgO powders were purchased from Sigma-Aldrich. In order to create samples of |jMgO-CBC and 
nMgO-CBC specimens, 10 percent (w/w) of the 36 |jm and 22 nm size MgO additives powders (0.5 gm) were 
mixed with the PMMA (4.5 gm) and added to the monomer (5 ml). A glass mold as shown in Figure 2(a) was used 
to prepare different kinds of dog bone bone-cement blocks. The cement was added to the top half of the glass 
molding chamber while the cement was in its doughy phase. A set of weights equivalent to 80 kPa pressure 
(clinically applied range [17]) were applied to the samples during the curing process. The pressure was initiated at 
exactly three minutes after the onset of mixing and was sustained throughout the curing period. The prepared 
specimens are shown in Figure 2(b). The center notch was created using a low-speed diamond saw cutter 
(Buehler isomet 1 1-1 180-100). All specimens were prepared according to ASTM 399 standard. 
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Figure 2 (a) Fabricated dog bone specimen mold for preparing cement specimens. The mold was made using 

dimension elite 3D printer, (b) Prepared ASTM 399 standard CBC, nMgO-CBC and |jMgO-CBC dog bone 

cement samples for the mechanical characterization of the samples. 

EXPERIMENT 

In situ FESEM Tensile test was performed on SENT specimen using a Microtensile tester (Gatan 2KN SEM 
microtensile tensile test stage) and FEI Quanta 600 FESEM. The deformation process for each specimen was 
recorded using Veeco Multimode V Scanning Probe Microscope (AFM+STM). All specimens were loaded with a 
loading rate equal to 1.1 |jm/sec until the complete failure of the specimen. This environmental FESEM is 
equipped with an extremely bright electron source (FEG) that is capable of nano-scale imaging of hydrated 
samples at atmospheric pressure. Images of the crack path and extension length, Aa, will be obtained 
simultaneously in backscattering mode at 15 kv and a pressure of 35 Pa by the energy dispersive spectrometer 
(EDS) and an electron backscattered diffraction system. The images were further analyzed to measure the crack 
extension length using Nikon NIS element BR image processing software. Figure 3 shows the experimental setup 
used in this study. 





Figure 3 Dog bone specimen clamped in the Evex tensile stage. The specimen were gold platted before the 

experiment on field emission scanning electron microscope at the OSU Microscopy Lab, Stillwater, and (b) Evex 

tensile stage is assembled in the FESEM chamber to conduct the R-curve experiment. 



DATA ANALYSIS 

The stress intensity factors at the tip of a kink crack of length / as shown in Figure 1 can be written for /«ao as: 

Ki [a,a) = aFi [a)4^ (1) 

K// [a, a) = aFii (^a)^la^ (2) 
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where a is the crack tip length, Aa is the crack extension length, a is the applied stress, a is the ratio between 
crack tip length, a and width of the specimen, W, F\ and F\\ are geometric functions calculation using the following 
equation: 

F,(a) = F,(a)cos^(^) (3) 



F„{a) = F,{a)s\ni^Acos'i'P/^ 



(4) 



where cp is the kink crack angle for a crack extension length Aa. In Eqs. (3) and (4), Ft(a) can be found from the 
following equation 



F,(a) = 



1.1215 



(i-«r 



1-0.23566(1-a) +— (1-a)'+0.229exp[-7.52-^ 



(5) 



The effective stress intensity for the deflected crack can be found from the following equation: 



l^eff = i^f + f^fi 



(6) 
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Figure 4 The graph represents the typical load applied versus the displacement of (a) CBC, (b) |jCBC, 

and (c) nCBC specimens tested in the FESEM. 




(a) (b) (c) 

Figure 5 FESME images reveal the real time crack propagation of the specimens (a) CBC, (b) |jCBC and 
(c) nCBC specimen. The green line in the images represents the crack propagation paths. 



RESULTS AND DISCUSSION 

Objective 1: Evaluate the fracture properties of composite cements using in-situ field emission scanning electron 
microscope (FESEM): Our studies showed a clear difference of the load-displacement curve among different 
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kinds of bone cement specimens (Figure 4). The result shows the bone cement with no MgO additives has higher 
stiffness compared to cement with MgO additives. The result also shows that bone cement incorporated with 
micro and nano MgO additives has the ability to store higher energy before reaching a breaking point than bone 
cement without MgO additives. Comparing the properties of different kinds of CBC specimens, we found 
improved brittleness of CBC due to the inclusion of MgO micro/nano additives to CBC. But we did not find any 
noticeable improvement of integrity, mineralization, and amount of energy before breaking for CBC specimen due 
to the inclusion of MgO micro/nano additives to CBC. The values of the fracture strength of CBC found lower 
compare to MgO incorporated CBC specimen. Benzyl peroxide monomer penetrates deep inside the PMMA 
beads in case CBC. The large molecular weight (Mw) of the PMMA beads (Mw = 100000) made it difficult for the 
PMMA beads to mix uniformly with the monomer. It creates voids, which are the weak points in the cement. The 
weak points in the cement lead to stress concentration under external loading. Inclusion of MgO additives to CBC 
reduces its elastic properties compare to CBC due to the fact that particles with higher MW like PMMA dissolves 
in monomer slower than lower MW particles like MgO (Mw = 40.3, provided by the manufacturer). This decreases 
the amount of monomer available for wetting the PMMA powder during mixing, which leads to more weak points 
in the |jMgO-CBC specimens. The detrimental effect on fracture properties of |jMgO-CBC and nMgO-CBC has 
been associated with the lack of adhesion between the MgO filler materials and the polymeric matrix. Fracture 
originates at the grain boundary between the MgO additives particles and the polymeric matrix and propagates 
along the boundary of the polymeric matrix as shown in Figure 5. The non-catastrophic failure behavior of the 
|jMgO-CBC and nMgO-CBC specimens (Figure 5) indicates the presence of fracture toughening mechanism. 
Extrinsic toughening factors, like particle bridging, debonding at the poles of particle/matrix interface, crack 
trapping, and crack deflection around the particles, can be the cause for this improved fracture toughness. 
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Figure 6. (a) The initiation fracture toughness of various kinds of bone cement tested during this study, 
(b) Increase of effective Stress intensity factor with the increase of crack extension length for various 

kinds of bone cement. 



Objective 2: Measurement of R-curve affects of composite bone cements: Figure 6(a) shows the variation of 
initiation fracture toughness calculated from the load-displacement curve of three groups of bone cement tested 
during this study. The results show that the initiation fracture toughness of the CBC specimen was higher 
compared to MgO additives incorporated CBC specimen. All specimen shows extrinsic toughening behavior or R 
curve behavior. R-curve characterizes the resistance to fracture of a propagating crack. SEM images of the crack 
propagation path reveled distinct R-curve for different kinds of cements (Figure 5). Higher energy is required for 
CBC specimen compared to the composite CBC specimens to propagate crack up to failure. MgO particles 
contribute to the origin of voids in the cement structure which affect the structural integrity MgO incorporated 
PMMA bone cement. 
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CONCLUSIONS AND FUTURE WORKS 

This research concludes the followings: (1) inclusion of 10% (w/w) micro/nano sizes MgO particles in commercial 
Cobalt™ HV orthopedic bone cement (CBC) has negative effect on the fracture properties of CBC; and (2) 
inclusion of MgO addition to bone cement increase the fracture resistance though the fracture resistance is higher 
for CBC specimen compare to MgO incorporated CBC specimen. These findings conclude that incorporating 10% 
(w/w) micro/nano sizes MgO additives into CBC negatively affect on the fracture properties of PMMA cement, but 
positively affect the fracture resistance behavior. The improvement effusion between bone and MgO included 
PMMA is currently under investigation. The detrimental effect of addition of MgO in to PMMA cement may 
supersede the benefit of increase of fracture resistance when MgO added to PMMA as well as the increase of 
osteoblast function of MgO incorporated bone cement compare to PMMA cement only. Further study is required 
to evaluate whether addition of MgO filler materials adversely affect the longevity of the cemented prosthetic joint. 
Also the modeling the fracture behavior of the bone-composite cement is currently ongoing. 
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Impact Resistance of Antibiotic-Impregnated Orthopedic Bone Cement 



Samaneh Choupani, BSc, Ata Hashemi, PhD 
Biomedical Engineering Department, Amirkabir University of Technology, Hafez Ave., Tehran, Iran 

ABSTRACT 

The usess of antibiotic—impregnated bone cement in total joint replacement (TJR) is a common practice but remains 
extremely variable. The benefit of adding antibiotics to bone cement as a method of infection prophylaxis in TJR needs to be 
weighed against a number of drawbacks primarily a drop in the mechanical properties of the bone cement. The present study 
utilized the pendulum impact strength testing to report on the properties of antibiotic-impregnated cement. All testing was 
conducted in accordance with ASTM D256-06. Test groups included: PMMA mixed with vancomycin, gentamicin, 
erythromycin or no antibiotic (control). Also, the effect of aging samples in air versus saline on the impact strength was 
studied. The effect of antibiotic addition to cement on the impact strength was found statistically significant (p < 0.05). The 
Tukey's HSD test indicated that the liquid Gentamicin impregnated samples aged in air had significantly lower mean impact 
strength than all other groups (p < 0.05). The mean impact strength of the vancomycin added samples aged in saline was 
lower than other samples aged in saline but is not statistically significant (p > 0.05). 

INTRODUCTION 

Bone cements have been used to anchor artificial joints (hip, knee, shoulder and elbow joints) since 1950 due to its excellent 
tissue compatibility. Bone cements are provided as two-component materials, a powder (polymethyl-methacrylate or PMMA, 
initiator) and a liquid (methyl-methacrylate or MMA monomer, inhibitor). As the two components mix, its' viscosity changes 
over time from a runny liquid into dough like state and finally hardens into solid hardened material. The set time can be 
customized to help the physician safely apply the cement into the bone to either anchor metal implant to bone or to treat 
osteoporotic compression fractures in the spine. 

A common practice in total joint replacement (TJR) surgery, particularly with re-implantation of components following a 
previously infected total joint arthroplasty is to employ the antibiotic-impregnated cement for component fixation. The 
combination of several factors such as, microbial sensitivity, acceptable mechanical integrity, low resistance profiles, and 
preparation methods could affect the choice of antibiotic-cement combination [1]. In 1995, a survey showed that the majority 
of surgeons in the continental United States preferred tobramycin, followed by gentamicin, vancomycin, cephalosporins, and 
rarely combinations thereof [2]. Also, the survey indicated that about 11% of surgeons were still using liquid antibiotic in 
PMMA [2]. 

The long-term survival of TJR would require an accurate determination of the properties of surgical bone cement. Many 
biomechanical studies have investigated the effects of adding various types of antibiotics in bone cements on its mechanical 
properties [3-7]. Cement testing studies have incorporated different testing methodologies and conditions resulting in a wide 
range of reported findings. The cement strength studies have been based on uniaxial, biaxial and fatigue testing 
methodologies using tension, flexural, or compressive testing [6-20]. Among the reported properties, the impact strength of 
bone cement has received very little attention; with the only reports are those by Ungethulum and Hinterberger [21], Ege [22] 
and Lewis and Mladsi [23]. The latter study developed a bench-top in-house impact tester to determine the impact strength of 
four different bone cements, i.e.. Surgical Simplex® P (Stryker Howmedica Osteonics Corp., Rutherford, NJ) and three 
forms of Palacos® R (Smith & Nephew Inc., Memphis, TN), one in which the powder constituents had been sterilized by the 
manufacturer and the other two had been sterilized with different dozes of gamma radiation. Based on the correlation found 
between the fracture toughness and impact strength of the four different bone cements investigated, it was suggested to 
estimate the relative change in the fracture toughness of bone cement from the measured relative change in its impact strength 
[23]. 

Although the effect of factors such as sterilization method, test specimen configuration and the type of cement on the impact 
strength was reported [21-23], to our knowledge the effects of adding different antibiotics to cement has not specifically been 
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investigated. Therefore, the objective of the present work was set to accurately measure the change in the impact strength of 
several commonly used antibiotic-cement configurations. Also, the effect of aging samples in air versus saline on the impact 
strength was studied. The pre-testing hypothesis was that the addition of powder or liquid antibiotics to the cement may lower 
the impact strength. It was also thought that liquid antibiotics are likely to produce a stronger effect. 

MATERIAL & METHODS 

Preparation of Specimens 

The materials used in the present work are listed in Table I. The proposed concentrations of individual antibiotics reflect 
those generally used in clinical practice for component re-implantation following a previously infected arthroplasty. Four 
different test groups have been specified using antibiotics outlined in Table I. A control test group with no antibiotics has 
been also used. 

A total of 32 samples were prepared for testing purposes. Simplex® P bone cement components were stored at ambient 
temperature (23 ± 2°C, relative humidity of 50 ± 5%) for at least 24 h before hand-mixing at about 1 Hz. First the powder 
component poured into a bowl and antibiotics were added (erythromycin antibiotic were premixed by the manufacturer) then 
the liquid monomer were added and manually mixed for about 1-2 minutes until a homogeneous mixture was obtained. This 
was then quickly transferred into a casting. The casting was made of carbon steel and measured 136.8 mm in length, 86 mm 
in width and 42.7 mm in depth (Figure 1). Following polymerization of the cement, the hardened cement sample was taken 
out from the casting and kept in the ambient temperature to cure prior to the testing. All preparations were performed in 
similar fashion. 

A light spray of food grade silicone was applied to the casting surface to facilitate the removal of test specimens after they 
solidified. Pilot data confirmed that the silicone spray did not change the impact strength of the test specimens, as reported in 
other works [7]. The final configuration of each sample resembled a rectangular block measuring 63.5x12.7x12.7 mm. Figure 
2 presents the schematic of test specimen. The casting was fabricated to allow the manufacturing of four molds per casting at 
a time. Tow samples were discarded because of gross molding flaws due to a partial filling of the final casting slot. All 
samples groups were duplicated with one half of the samples stored in room air and the second half were stored in normal 
saline. Since the mechanical properties of bone cement have been previously reported to peak one week after preparation 
[1 1], all test groups were maintained in their respective storage environments for two weeks before subsequent testing. 

Experimental Procedures 

All testing was conducted in accordance with ASTM D256-06, the standard test methods for determining the pendulum 
Impact resistance of notched specimens of plastics [24]. To carry out the test, individual samples were first placed on the 
sample platform and centered. An impact tester with the capability of delivering energy of 3 J is used to perform the tests. The 
specimens were carefully examined to ensure that the nominal values are in the allowable range. Also, only samples with no 
surface defects were considered for testing. The tests were carried out on a bench-top impact testing machine (Ueshima IM- 
1100, Tokyo, Japan). 




Figure. 1 Bone cement sample preparation, disassembled carbon steel casting (left), and assembled (right) 
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Table. 1 Materials used in this study 



Material 


Composition 


Mixing ratio 


Powder 


Liquid 


Simplex 


Methyl methacrylate-styrene 
copolymer, Barium 
sulphate and 
Polymethyl-methacrylate 


Methyl methacrylate 
(monomer), N,N-dimethyl 
para toluidine, and 
hydroquinone, USP 


40 g/20 mL 
(powder/liquid) 


Vancomycin 


1.0 g 


- 


1.0 g/40g cement 


Gentamicin 




2.0 mL 


2.0 mL/40 g cement 


Erythromycin 


0.5 g 


- 


0.5 g/40 g cement (pre-mixed) 



Statistical Analysis 

A computer based statistical package is used to perform statistical analysis. Data was initially analyzed with a 2- way analysis 
of variance (ANOVA). The impact strength was the measured or dependent variable. The independent variables were the 
antibiotic management and the storage condition. A Tukey-Kramer honesty significant difference (HSD) post hoc test was 
used to determine significant differences among the results in each test group. A p-value of <0.05 was taken as significant. It 
was predicted that the statistical analysis would answer if the addition of antibiotics to bone cement changes the impact 
strength and also, if the cement storage condition affects the impact strength. 
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Figure.2 Photograph of the bone cement sample (a), dimensions of the bone cement sample according to ASTM D256-06 (b) 
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RESULTS 

At failure, samples broke into two pieces and impact strength was recorded for each individual cement samples. The 
specimens were then individually examined under a microscope to quantify the size and frequency of air pockets or voids 
(Figure 3). 

Voids in the bone cement specimens at fractured surface were present mainly due to fact that manual mixing method was 
adopted. However, the presence of the voids has been also reported using the vacuum and shaker table mixing techniques [7]. 
Visual inspection (lOx magnification) of fractured surfaces, except those discarded for molding flaws, demonstrated that the 
liquid Gentamicin samples contained mostly smaller voids (<1 mm) and fewer larger voids (>3 mm) in comparison to the 
powdered antibiotic test groups. All test groups showed a decrease in the frequency of voids as the void size increased. It was 
also noticed that only one sample had pores directly at the notch of the sample. Since this is where the failure first initiated, it 
could indicate that the pores have no or a negligible effect on the impact strength of samples. The visual inspection of the 
fractured surface of the samples also demonstrated a brittle failure. 

Figure 4 shows the measured impact strength of antibiotic- impregnated bone cement samples aged in air or saline. The 
impact strength of the control group aged in air and saline was found to be 1.6 ± 0.06 and 2.05 ± 0.25 KJ/m^, respectively. 
For liquid Gentamicin impregnated group aged in air, it was 1.27 ± 0.09 and in Saline was 2.02 ±0.17 KJ/m^. The impact 
strength of the vancomycin added bone cement samples was 1.54 ± 0.18 and 1.92 ± 0.15 KJ/m^, respectively, for specimens 
aged in air and in saline. And for erythromycin it was 1.92 ± 0.07 in air and 2.14 ± 0.44 in Saline. Two-way ANOVA showed 
a significant dependence on storage condition (p < 0.05). Similarly, the effect of antibiotic addition to cement on the impact 
strength was also found statistically significant (p < 0.05). The Tukey's HSD test indicated that the liquid Gentamicin 
impregnated samples aged in air had significantly lower mean impact strength than all other groups (p < 0.05) as shown in 
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Figure.3 Frequency and size of voids observed on the fractured surfaces 



Figure 4. The erythromycin added samples aged in air had higher mean impact strength than all other groups aged in air (p < 
0.05) but that is not statistically significant with other groups aged in saline (p > 0.05). Figure 5 presents the proportionate 
change in the impact strength of each sample group as a comparison to the control (bone cement without antibiotic) following 
the addition of antibiotic. 
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Figure.4 Impact strength of antibiotic-impregnated bone cement samples aged in air or saline. 
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Figure. 5 Percent reduction in the impact strength (compared to control bone cement) due to the addition of antibiotics, aging 

media is Air or Saline. 



DISCUSSIONS 



The use of antibiotic-impregnated bone cement in total joint arthroplasty remains extremely variable. [2] The main 
shortcomings of adding antibiotics to bone cement could be a change in the mechanical integrity of the bone-cement 
interface, the emergence of antibiotic-resistant bacteria, and the occurrence of an allergic or toxic reaction to the antibiotic. 
[7,25,26] Therefore, the use of antibiotic-cement combination may only be proposed for cases such as re-implantation of 
components or primary joint replacement in patients with an increased risk of joint infection. The uni-axial, bi-axial and 
flexural testing methods have been employed to report the effect of antibiotic addition on bone cement mechanical properties. 
[3, 5-7] Furthermore, a few study reports the impact strength of bone cement but no data is currently available on the impact 
strength of antibiotic impregnated bone cement. [21, 22, 23] The focus of the current biomechanical study was, hence, set to 
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determine the change in impact strength of commonly used antibiotic-cement configurations. For this purpose, the pendulum 
impact resistance testing method, as described in ASTM D256-06, was accurately employed to measure the impact strength 
of different bone cement configurations. In addition, the effect of storage condition (air vs. saline) on the impact strength was 
determined. It was reported that a change in the mechanical properties of orthopedic bone cement greater than 10% is 
considered unacceptable for use in TJR fixation [1]. 

Two-way ANOVA indicated that the addition of the antibiotic to bone cement lowers the impact strength (p<0.05). A similar 
significance was also noticed when samples aged in air vs saline (p<0.05). Others reported the dependence of impact strength 
on sample size, method of sterlization, cement type and radiation doze. [22, 23] Despite the efforts spent on mixing and 
proper transferring the cement to the casting, the results indicate slightly higher void per sample than that reported by vacuum 
and shaker table mixing techniques [7]. It could be proposed that mixing method mainly increases the number of small and 
mid size voids per sample (2 mm and smaller) while has almost no effect on the number of larger voids (3mm and larger). 
Visual inspection confirmed that the liquid gentamicin samples contained mostly smaller voids (<1 mm) and fewer larger 
voids (>3 mm) in comparison to the powdered antibiotic test groups, in agreement with the work of Leone et al. [7] The 
number of larger size voids was also less than that of smaller voids. 

The impact strength of cement has been reported to vary from 2.4 to above 4 KJ/m^. Also, higher numbers was reported for 
the impact strength of Palacos bone cement than that of Simplex cement, considered in this study. The impact strength range 
was measured to be 2.8-4.05 KJ/m^ and 2.42-3.08 KJ/m^ for Palacos and Simplex bone cements, respectively. [23] The 
higher impact strength of Palacos R is proposed to be due to its higher molecular weight. The impact strength of the control 
samples (with no antibiotics) was measured to be 1.6 ± 0.06 and 2.05 ± 0.25 KJ/m^ which is below the avialable literature 
data. The previous studies used smaller sample size than that of the present work. The cross-sectional area of samples used at 
the present study was about 129 mm^ while that reported in literature from one source was 18 mm^, which used an in house 
impact tester machine, and another source reporting a cross sectional area of 12-45 mm^. [23, 22] Both studies had 
considerably smaller cross-sectional area than that of this work which may explain the higher impact strength numbers 
measured. 

Briefly, this was the first study investigating the impact strength of antibiotic-cement combination. The largest drop in the 
impact strength was found for the samples containing liquid gentamicin aged in the air, about 20% (Figure 5). Based purely 
on the present test results, powdered erythromycin at clinically acceptable doses showed better biomechanical effects on 
cement impact strength in comparison to the other antibiotic impregnated cement configurations tested. All samples aged in 
air showed lower impact strength than that of counterpart aged in saline. 
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ABSTRACT — Human dentin contains millions of tubules, and the distribution and size of tubule is none -homogeneous, 
which resulting in various mechanical properties. In this study, we utilize a nanoindentor on the human dentin, and a focused 
ion-beam (FIB) is adopted to prepare the dentin specimen for transmission electron microscopy (TEM) to evaluate the nano- 
structure of human dentin after the residual impression of the nanoindents. The nanoindentation results show that the 
loading-unloading curve is continuous and smooth in both the loading and the unloading steps, which suggests that no 
cracking occurs. As to the TEM specimen, 50 nm thick specimens are prepared by FIB cross-sectioning. The nano-structural 
observations reveal that nanoindentation induces an atomic re-orientation, and the indent results in the formation of high- 
stress deformation regions beneath the indenter. High resolution images via TEM and diffraction patterns indicate the dentin 
is poly-crystalhzed and present anisotropic properties. 

Keywords: human dentin, tubules, nanoindentor, FIB, TEM 

1. Introduction 

The instrumented indentation technique has become a popular method to measure the mechanical properties of bulk specimens 
[1-4] and thin film materials [5-7]. Microstructures of teeth, as well as the mechanical properties, have been well-characterized. 
Dentin consists of microscopic channels, dentinal tubules, which radiate outward through the dentin from the pulp to the 
exterior cementum or enamel border [8]. The mechanical properties of teeth have been characterized by micro-indentation 
techniques. V. Imveni et. a/. [9] profiled the hardness and toughness of human teeth using a Vickers indentor. The 
microhardness testing may not be a suitable technique for reliably evaluating the physical properties of nano-scale 
mechanical properties of dentin, since the results are significantly affected by the substrate's deformation [10]. However, 
teeth contain nano-sized structures; nano-indentation provides a powerftil technique for obtaining extremely accurate 
information regarding the physical properties of materials at the nano-scale [11], therefore, in this study a nano-indentation 
technique is adopted to acquire the nano-mechanical properties of individual dental structure using loads of hundred milh- 
Newtons. 

Transmission electron microscopy (TEM) has long been used for microstructural examinations at nanostructural size scales, 
with numerous studies on dentin being reported [12]. However, the specimen preparation of biological tissues for TEM is quite 
challenging. The decalcification and milling processes may impede the observation of real biologic morphology. By the 
assistance of the focused ion beam (FIB) system, which utilizes a finely focused gallium ion beam operated at low-beam 
currents for imaging and at high-beam currents for site-specific milling, thus, cross-sectional morphologies specimens of 
dentine could be precisely observed. Accordingly, in the present study, we used a comprehensive approach, which 
involved nano-indenter to characterize the nanomechanical properties and utilized FIB-based milling for TEM sample 
preparation of dentin to observe the nanostructure of dentin tissue after the nanoindentation. 
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2 . Experimental procedure 



2.1 Sample preparation 

The teeth specimens were cut into horizontal sections within 1mm thick, as shown in Fig. 1. A fine polish procedure is 
carried out for the later on nano-indentation and TEM experiments. 




Enamell 



DEJ 



Dentin 




Human Tooth 



Horizontal Section 



Tootli Section 



Fig. 1 The schematic figure of human tooth section 



2.2. Nanoindentation measurement 

The nanomechanical properties of the polished teeth section were investigated using a MTS Nano Indenter® with CSM 
technique in G200 mode and using a Berkovich indenter. These values are obtained by an indentation depth of 3000 nm with a 
theoretical displacement resolution less than 0.01 nm in CSM mode. A fi^equency of 45 Hz was used to avoid the sensitivity to 
thermal drift [13] and the loading resolution was 50 nN. The loading process was controlled by a constant strain rate of 0.05 s'\ 
Indentation tests performed on a ftised silica substrate before and after the dentin indentation tests, respectively, confirmed that 
the indenter was well calibrated since the hardness and Young's modulus values of the silica substrate computed using the 
indentation data were consistent with the theoretical values. Six indentations were done in each sample and excluding 
abnormal variation of the data then averaged for the results with a deviation. Fig. 2. presents SEM image of the 
morphology of the residual-indentation mark in dentin surface using a Berkovitch indentor. 




Fig. 2 The SEM micrograph of nano-indentation marks on dentin region 



Nanoindentation nanohardness is defined as the indentation load divided by the projected contact area of the indentation. It is 
the mean pressure under the indenter [2]: 
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H = ^^ (1) 

A 

where Pmax is the maximum apphed force and obtained directly from the force-displacement curve; A is the projected contact 
area of indenter tip with the material. A geometry independent relation involving contact stiffiiess, contact area, and reduced 
elastic modulus can be derived by Sneddon [14] as follows: 

\7r (2) 

where P is a constant which depends on the geometry of the indenter (P = 1.034 for a Berkovich indenter) [2, 15], and E^ is 
the reduced elastic modulus which accounts for the fact that elastic deformation occurs in both the sample and the indenter. E^ 
is given by [2] 

1 _l-^/'_^l-^/ 



Er Ef E.^ ^^^ 

where E and d represent the elastic modulus and Poisson ratio, respectively, and the subscript f and id represent the film and 
the indenter, respectively. The indenter properties used in this study's calculations are Eid= 1141 GPa and Did=0.07 [2], 
assuming that u^O.25. The relationship between the hardness and Young's modulus values of dentin were investigated in this 
study. 

2.3. Nanostructure observations 

The morphologies and nanostructures of the dentin tissue nanoindented specimens were observed using a scanning electron 
microscope (SEM) equipped with a focused ion beam (FIB) system and a high-resolution transmission electron 
microscope (TEM), respectively. The high quality TEM specimens are prepared by the dual-beam focused ion beam (FEI 
Nova-200 NanoLab, USA). To avoid electron and ion charging during the milling process, a platinum thin film is sputtered 
onto the teeth section in advance. In this study, we fabricate the TEM specimen, 10 um in length, at the indentation mark on the 
horizontally-cut dentin. Low ion-beam currents are employed to precisely mill the dentin as thin as 50 nm thick. The finished 
specimen is attached to a carbon-coated copper grid for the TEM (JEOL HR-TEM 21 OOF Electron Microscope, Japan) 
examine. The HR-TEM is equipped with a 200kV field-emission gun, thus it provides an atomic resolution in imaging and 
good energy resolution in spectroscopy. In addition to fundamental imaging, it offers the atomic lattice images with high 
contrast. 



3 . Results and discussion 

The nanoindentation tests is the loading-unloading curves produced from the load versus displacement data recorded during 
the indentation process. Continuous stif&iess measurement (CSM) is adopted, and the indentation depth was continuously 
recorded during both loading and unloading cycles. The loading force and displacement of dentin is analyzed. Fig. 3(a) 
presents the loading-unloading curve for the current dentin region. Both the loading and the unloading parts of the curve are 
smooth and continuous, which suggests that no debonding or cracking occurs. Fig. 3(b) illustrates the variation of the Young's 
modulus value with the nanoindentation depth. It is observed that Young's modulus increases significantly as the tip first 
penetrates the dentin surface. However, the modulus value then increases linearly with increasing indentation depth, and 
achieves a final value of approximately 20.2 GPa at the indentation depth of 1000 nm. Fig. 3(c) illustrates the variation 
of the dentin hardness with the nanoindentation depth. At very low indentation depths, the dentin has an extremely low 
hardness. As discussed previously for the case of Young's modulus, the low hardness and Young's modulus value 
reflects the fact that the surface roughness effected under low penetration depths of the indenter. However, as the 
indentation depth increases, the presence of the dentin causes the hardness to a value of approximately 0.68 GPa. Hence, 
it is apparent that the dentin is a vital tissue which is harder than bone and weaker than enamel, with a physiological elasticity 
that helps to prevent tooth fracture [16]. 
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Fig. 3 (a) The typical load-displacement curves during nanoindentation of dentin, (b) the variation of Young's modulus and 

(c) hardness of dentin with indentation depth 
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In the present work, we seek to explore the use of FIB-based milling for examining structure and TEM sample preparation of 
dentin in this case studies. SEM images equipped with FIB system of dentin and the yellow arrows on representative dentinal 
tubules, as shown in Fig. 4. 




Fig. 4 SEM images of dentin and the yellow arrows on representative dentinal tubules 

Fig. 5(a) presents a cross-sectional TEM image of dentin indented specimen. The specimen is progressively thinned until it is 
thin enough for the electron transparency. Fig. 5(b) shows a high-magnification view of the morphology of the indentation- 
affected zone in Fig. 5(a). The insets in the lower and upper right comer of Fig. 5(b) shows the TEM diffraction patterns of the 
dentin regions within the blue arrows (labelled A and B), and confirm that the indentation-affected zone is an anisotropic 
properties and present poly-crystalline lattices. The polycrystal reorganization which takes place in the indentation-affected 
area is caused by the pressure induced beneath the indenter during penetration. 





(a) 



(b) 



Fig. 5 (a) A bright field TEM micrograph of dentin indented specimen; (b) a high-magnification micrograph of the 
indentation-affected zone 



4. Conclusion 



The nano-mechanical properties and nanostructures of dentin tissue have been investigated by using a Berkovitch nano 
indentor under continuous stif&iess measurement (CSM) mode. The nanostructures of dentin tissue indented specimens a have 
been examined via FIB and TEM. On the basis of the load- displacement data, the Young's modulus and hardness values of 
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the dentin have been calculated to be 20.2 GPa and 0.68 GPa, respectively. It is apparent that the dentin is a vital tissue 
which is harder than bone and weaker than enamel properties, with a physiological elasticity that helps to prevent tooth fracture. 

As to the TEM specimen, transparent dentin specimen is progressively thinned by FIB using low ion-beam currents, thus, 
good electron transparency and high resolution TEM can be achieved. The indentation-affected zone of dentin tissue presents 
anisotropic properties, and poly-crystalline lattices can be clearly observed. 
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ABSTRACT 

Erythrocytes from sickle cell trait (SCT) patients aggregate during strenuous exercise, resulting in inflammation, blood flow 
impairment, and vaso-occlusive events. While the exact role of exercise conditions and how they lead to complications is 
virtually unknown, it likely occurs because of their adhesive interactions with the extracellular matrix (ECM) and endothelial 
cells (ECs), irregular viscoelastic properties, and morphology. The current study employs single-molecule atomic force 
microscopy (AFM) experiments to quantitatively measure the frequency and bond strength of SCT erythrocytes with ECM 
laminin a5 and endothelial avp3. Epinephrine, a hormone secreted during stressful conditions, is administered in vitro to 
determine its direct effect on SCT adhesion. In the presence of epinephrine, we measured an increase in the frequency of 
adhesion events of BCAM/Lu and LW expressed on the SCT erythrocyte surface with ECM laminin a5 and endothelial 
avp3, respectively. The observed clustering of BCAM/Lu and LW receptors into nanodomains explains the measured 
amplification in bond strength. In conclusion, we found that epinephrine modulates the BCAM/Lu-laminin a5 and LW-avp3 
bond interactions. The measured increases in adhesion frequency and bond strength suggest that epinephrine contributes to 
the pathophysiology of vaso-occlusive sequelae related to sudden death in SCT individuals during strenuous exercise. 

INTRODUCTION 

Sickle cell trait (SCT, HbAS) is a risk factor for collapse and sudden death in physical training [1-4]. SCT is characterized by 
the presence of both normal adult hemoglobin (HbA) and abnormal sickle hemoglobin (HbS) in the red blood cell (RBC, 
erythrocyte). In comparison to the homozygous SCD, the heterozygous SCT is traditionally regarded as a benign condition. 
However, during strenuous exercise, individuals can develop a syndrome resembling SCD with vaso-occlusive events 
resulting from changes in the RBC morphology, viscoelasticity, and adhesion [1-2, 4]. Vaso-occlusion occurs in crises in 
which the arterial circulation is blocked at one or many sites, leading to organ damage and ischemic pain [5]. Endothelial cell 
activation, cytoadherence, inflammation, and coagulation activation contribute to blood flow obstruction and play a critical 
role in the pathophysiology of vaso-occlusion [6-7]. While it is known that epinephrine enhances SCD erythrocyte adhesion 
of Lutheran blood group (Lu) and basal cell adhesion molecule (BCAM), known as BCAM/Lu, and LW glycoprotein, this 
mechanism has not yet been quantitatively explored in SCT or in SCD [8-9]. Epinephrine is a hormone secreted from the 
adrenal medulla during periods of stress and strenuous exercise. Increased circulating levels of epinephrine act on the RBC 
p2-adrenergic receptor, thereby activating Gag proteins which stimulate adenylyl cyclase (AC). This enzyme catalyzes the 
conversion of adenosine triphosphate (ATP) to cyclic adenosine monophosphate (cAMP), leading to protein kinase A (PKA) 
activation, an intermediate step in the up-regulation of BCAM/Lu- and ICAM-4-mediated adhesion [8-10]. The interaction of 
BCAM/Lu with the a5 chain of laminin (LAMA5) on the ECM, as well as the interaction of LW with the avpS integrin on 
ECs, may contribute to vaso-occlusive events in SCT during exercise. 

METHODS 

The study included RBCs from a SCT adult subject (n = 1) and RBCs from healthy adult subjects (n = 2) purchased from 
Research Blood Components, LLC (Brighton, MA). Cells were immobilized on AFM grade mica (Novascan Technologies, 
Inc., Ames, lA) coated with 1 mg/ml poly-L-lysine (PLL) solution to increase cell adherence. Silicon nitride cantilevers 
functionalized with 250 |ig/mL anti-Laminin a^, clone 4C7 (Millipore, Temecula, CA) or 50 |iL of 210 |ig/mL purified 
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human integrin a^ps (Millipore, Temecula, CA) were employed. Single-molecule atomic force microscopy (AFM) adhesion 
maps and force-distance curves were obtained using an AsylumMFP-3D-BI0 (Asylum Research, Santa Barbara, CA) AFM 
equipped with a "liquid cell" setup. Baseline measurements were performed in PBS solutions at room temperature. 
Epinephrine -mediated experiments were performed in a 10 nM epinephrine solution at room temperature. Unless otherwise 
specified, all force measurements were recorded with a loading rate of 24000 pN/s, calculated by multiplying the tip 
retraction velocity (nm/s) by the spring constant of the cantilever (pN/nm). The nominal spring constant kc of the employed 
cantilever was 30 pN/nm, as provided by the manufacturer. Exact values for the cantilever spring constants were obtained via 
a thermal noise based method implemented by the manufacturer and were used in all calculations. The approach and 
retraction velocities were held constant at 800 nm/s. Probes had nominal tip radii of 20 nm and nominal angle of 20°, as 
provided by the manufacturer. 

RESULTS 

To test the hypothesis that an increase in epinephrine levels results in an increase in the magnitude of the adhesive force 
associated with BCAM/Lu-laminin and ICAM-4-avp3, as well as an increase in the frequency of adhesive interactions, we 
employed an approach in which the AFM probe was functionalized with LAMAS or avp3 to measure the interaction between 
the a5 chain of laminin and BCAM/Lu receptor expressed on the tested RBC, or the interaction between integrin ayPs and 
ICAM-4 receptor expressed on the tested RBC. Treatment of normal RBCs with 10 nM epinephrine, a physiologically 
relevant level, induced a significant increase from 6.0% to 10.2% {p < 0.02) in the frequency of BCAM/Lu-laminin binding 
events (n = 6), and an insignificant increase from 53% to 7.6%) (p > 0.05) in the frequency of ICAM-4-avP3 binding events (n 
= 7). There was no notable increase in the bond strength of either pair with epinephrine stimulation. 

Treatment of sickle trait RBCs (n = 7) with epinephrine induced an increase in the frequency of BCAM/Lu-laminin binding 
events of from 9.3%) to 14.0%) {p < 0.04), as well as a significant increase {p < 0.002) in the magnitude of the BCAM/Lu- 
laminin interaction. Treatment of sickle trait RBCs (n = 7) with epinephrine induced an increase in the frequency of ICAM-4- 
avp3 binding events from 7.9%) to 13.1%) (/? < 0.05), as well as an increase {p < 0.02) in the magnitude of the ICAM-4-avp3 
interaction. Notably, 500 nm x 500 nm spatially-resolved adhesion maps revealed that the BCAM/Lu-mediated laminin 
binding activity is not homogeneously distributed over the SCT RBC surface, but concentrated on nanodomains. These 
nanodomains, often attributed to membrane rafts, are only observed on SCT RBCs (n = 7) in the presence of epinephrine 
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Figure 1. Distribution of BCAM/Lu and ICAM-4 on the surface of normal RBCs and sickle cell trait RBCs using different 
tips and cell preparations. Adhesion force maps were created via a MATLAB script from data obtained from force -distance 
curves obtained via AFM. The figure was then compiled using CorelDRAW X4. (A,B) Adhesion force maps (gray scale 0- 
100 pN) recorded with LAMA5 tips over normal RBCs (A) and sickle cell trait RBCs (B) in PBS. (C,D) Adhesion force 
maps recorded with LAMA5 tips over normal RBCs (C) and sickle cell trait RBCs (D) in 10 nM epinephrine. (E,F) Adhesion 
force maps recorded with a^Ps tips over normal RBCs (E) and sickle cell trait RBCs (F) in PBS. (G,H) Adhesion force maps 
recorded with ayPs tips over normal RBCs (G) and sickle cell trait RBCs (H) in 10 nM epinephrine. Green arrows indicate 
nanodomains. Scale bars, 100 nm. 
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(Fig. ID). By contrast, normal RBCs (n = 6) stimulated with epinephrine (Fig. IC) demonstrate a nearly homogeneous 
distribution of BCAM/Lu receptors. Furthermore, ICAM-4 receptor nanodomains are also observed, to a lesser degree, on the 
SCT RBC (n = 7) surface in the presence of epinephrine (Fig. IH), with a heterogeneous receptor distribution on the normal 
RBC (n = 7) stimulated with epinephrine (Fig. IG). In the non- stimulated environment, both normal (Fig. 1 A, IE) and sickle 
cell trait (Fig. IB, IF) RBCs maintain a homogenous distribution of BCAM/Lu and ICAM-4 receptors at the local scale. 

DISCUSSION AND CONCLUSIONS 

Interactions of receptor molecule cytoplasmic domains with the cytoskeleton can play critical roles in adjusting receptor 
function. It has been determined that BCAM/Lu has a high degree of connectivity to the erythrocyte membrane cytoskeleton 
via erythroid spectrin [11-12]. Importantly, disruption of the BCAM/Lu-spectrin linkage is accompanied by enhanced cell 
adhesion to laminin [12]. A major finding of the current study is that BCAM/Lu adhesion events in SCT erythrocytes 
increased {p < 0.05) as compared to the wild-type. It is known that Hb interacts with the spectrin network via band 3 [13-14] 
and the introduction of HbS has recently been found to have an effect on the mechanical properties of SCT erythrocytes [15]. 
We conjecture that HbS partially disrupts the spectrin network via its interaction with band 3, indirectly disrupting the 
BCAM/Lu-spectrin linkage. This results in increased diffusion and clustering and thus significantly enhanced sickle trait 
RBC adhesion to ECM laminin. 

Epinephrine, acting through the p2 -adrenergic receptor, increases Lu-laminin a5 sickle mediated red cell binding via a cAMP 
and PKA-dependent signaling pathway [8]. Further, the Lu cytoplasmic tail is phosphorylated in epinephrine -stimulated 
sickle cells, which may be a critical factor in sickle RBCs enhanced adhesion to laminin [16]. The BCAM cytoplasmic tail, 
which lacks the last 40 amino acids of the sequence, does not undergo phosphorylation. It has been demonstrated that PKA- 
mediated phosphorylation of the Lu glycoprotein at serine 62 1 positively regulates the adhesion function of Lu under flow 
conditions. While the molecular basis for the resulting increased adhesion is not yet understood, it has been hypothesized that 
phosphorylation of the Lu cytoplasmic tail weakens its interaction with spectrin, enabling the fi'eely-floating transmembrane 
Lu molecules to cluster and thereby generate a larger adhesive force [16]. A major finding of our current study is the 
mapping of Lu nanodomains on epinephrine-stimulated SCT erythrocytes, accompanied by an increase in the magnitude of 
the adhesive force {p < 0.002) and in the frequency of binding events {p < 0.04) from the baseline SCT erythrocytes. The 
observed increase in the adhesive force shown in Fig. 5B can be attributed to the clustering of membrane receptors, a 
principle that has been demonstrated in nonerythroid cells [17]. The significant broadening of the bond magnitude 
distribution agrees with the clustering detected in Fig. ID. Another significant finding is the dramatic increase of adhesion 
events on the wild-type RBCs in the stress-induced epinephrine environment, clearly demonstrating the effect of the 
phosphorylated Lu glycoproteins on the enhanced BCAM/Lu-laminin adhesion. While the frequency of adhesive interactions 
increases, receptor clustering is not observed (see Fig. IC) and the bond magnitude remains the same. This observation 
strengthens our conjecture that HbS disrupts the spectrin network resulting in clustering of BCAM/Lu receptors in SCT 
RBCs. It is noted that, clustering is not detected in the case of SCT RBCs without epinephrine (see Fig. IB) probably because 
of the lower receptor expression. 

ICAM-4 mediated binding to endothelial cells and leukocytes is also activated by epinephrine via stimulation of the p2- 
adrenergic receptor which triggers a cAMP and PKA-dependent signaling pathway [18]. In addition, ICAM-4 on 
epinephrine-stimulated sickle cells undergo a significant increase in serine phosphorylation, which may be a critical factor in 
sickle RBCs enhanced adhesion to endothelial integrin avP3[9]. It has been hypothesized that phosphorylation-induced 
changes in the ICAM-4 cytoplasmic domain cause a conformational change in its extracellular domain, thus generating a 
larger adhesive force. We observed an increase in the frequency of binding events {p < 0.05) from the baseline SCT 
erythrocytes which accompanied ICAM-4 nanodomains on epinephrine-stimulated SCT erythrocytes (see Fig. IH). The 
increase in the magnitude of the adhesive force {p < 0.02) could possibly be attributed to the clustering of membrane 
receptors [17]. However, the bond magnitude distribution is not broadened as would be expected in this phenomenon. To the 
contrary, we observed significant narrowing of the distribution, leading to us to infer that the bond magnitude did in fact 
increase upon epinephrine stimulation. Another important finding of the present data is the quantification of the insignificant 
increase {p > 0.05) of ICAM-4-avp3 adhesion events on the wild-type RBCs in the stress -induced epinephrine environment. 
This is consistent with the known fact that there is minimal ICAM-4 phosphorylation in normal RBCs, due to an age-related 
reduction in the cell's ability to produce cAMP and thereby enhance PKA activity in response to stimulation [8, 19-20]. 
While the current study tests the effect of epinephrine on single molecule adhesion interactions thought to contribute to 
vascular blockage in sickle cell vaso-occlusion, epinephrine has also been found to work via increasing RBC trapping in the 
spleen and liver [18, 21]. 
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ABSTRACT 

Bone cell mechanotransduction involves the process by which bone cells sense and coordinate their activity in response to 
mechanical loading. In vitro and in vivo models are commonly used but may overly simplify {in vitro) or complicate {in 
vivo) the response making the effects of the load difficult to discern or of questionable clinical relevance. The author 
previously proposed the use of an organ culture system for mechanotransduction studies. In contrast to previous organ 
culture research addressing accelerated resorption effects, the goal was to determine if a whole bone organ culture could 
remain viable in culture for a period of time sufficient to study the short-term response of physiologic loading-induced 
maintenance/osteogenesis. If successful, the organ culture system would provide more of a biomimetic environment 
simplifying the systemic response seen in vivo while increasing the biological relevance over in vitro systems. Here we 
continue with this work. That is, to be useful as a mechanotransduction model, the organ culture system needs to be able to 
correctly simulate relevant, clinical conditions. In the current paper, the applicability of an organ culture approach to 
simulate distraction osteogenesis is evaluated and initial effects on bone viability and mechanical performance are presented. 

In distraction osteogenesis (DO), mechanical forces are applied to generate new bone. These procedures are conducted in 
both orthopaedic and craniofacial indications and can range from devices incorporating simple linear to multiplanar vectors. 
DO devices can rely on internal or external fixation and while internal systems can be limited in use given design dictates 
within a confined space (eg. craniofacial applications), external systems can be inaccurate given the distance from the 
distraction mechanism to the bone. 

In the distraction procedure, a pseudo growth plate is created and in essence the body is 'tricked' into the osteogenic potential 
of immature bone. In these cases an osteotomy or corticotomy is created and the distractor is placed to span the fracture site. 
The distraction procedure encompasses three phases, the latency phase, the distraction phase and the consolidation phase. In 
dealing with craniofacial distraction in cases involving neonates, such as mandibular distraction to treat airway obstruction, 
the neonatal bone is highly osteogenic and the corticotomy/osteotomy and latency phase are not necessary. During the phase 
of active distraction, the system is manually elongated in rates generally on the order of 1 mm/day. Once the desired length 
is reached, the distractor is locked into place to enable consolidation. The consolidation phase enables the bone to stiffen and 
ends with the removal of the distractor. With the relative novelty of this technique, limited use and the many variables that 
contribute to the success of the procedure, much of this work reduces to trial and error. Given the importance of facial 
symmetry in aesthetics, craniofacial surgeons can be disappointed with results that are inaccurate to fractions of a millimeter. 
Therefore, systems that could help to isolate the effects of the load and enable the study of the mechanisms and pathways 
involved in distraction would prove useful to enhance outcome predictability and improve device development. 

In previous work, Saunders, et al. developed an ex vivo, or organ culture model in a neonatal rat long bone that had as the 
goal to be used as a model for mechanotransduction research [1]. That is, a model was developed that could be used to study 
the short-term mechanisms by which bone cells respond to brief bouts of mechanical stimulation in a biomimetic 
environment incorporating a native matrix and the cells in the appropriate ratios and 3D architecture. In the current work, we 
employ this model to investigate if the organ culture model is responsive to loading protocols simulating linear distraction for 
the purpose of extending this model to study DO mechanisms. To accomplish this, we first demonstrate culture viability with 
microCT analysis, a much more powerful and accurate technique than many of the rudimentary techniques initially utilized 
[1]. We then employed two loading regimes: one, a single distraction loading bout; and, the second, an equal distraction bout 
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repeated three times over the course of one week. At the end of the week, the effects of the two loading regimes on bone 
properties were characterized and compared to each other and their no-load contralateral controls. 

MICROCT ANALYSIS OF ORGAN CULTURE VIABILITY 

To more accurately assess viability of the organ culture time period and extend the model analysis out to include an 
assessment of a 1 month time period, twenty-eight femoral pairs were harvested from 5-day-old neonatal Wistar rat pups and 
maintained in culture for 1 (n=9), 2 (n=9) or 4 (n=10) wk, then analyzed using a MicroCT-40 computed tomography system 
(Scanco Medical, Basserdorf, Switzerland) and compared to their day 1 contralateral controls as well as normalized to 
contralateral controls and compared across culture time periods. Wistar rat femurs were harvested and maintained in BGJb 
culture medium (Gibco, Invitrogen) supplemented with 15% fetal bovine serum (FBS) and 2% penicillin/streptomycin (P/S) 
for 1, 2 or 4 wk. Bones were scanned using source settings of 55 kV, 145 |liA and high resolution [2]. Each scan produced 
50, 2048 X 2048 2D axial slices in the midshaft of the bone (0.4 mm). Inertial, areal, volumetric and density properties were 
analyzed. 

The 1 wk results, as shown in Figure 1, are in agreement with previous model findings from rudimentary techniques 
supporting the use of the organ culture model in studies out to 1 wk of culture. Specifically, with respect to inertial 
properties, maximum and minimum moments of inertia increased 67.6% and 60.2%), respectively, while polar moment of 
inertia increased 64.3% over the 1 wk culture period. All differences were statistically significant (p<0.001). With respect to 
minimum and maximum loading resistance (section moduli), Imax/Cmax and Imin/Cmin increased 69.0% and 67% over the 
1 wk culture period, respectively. Differences were statistically significant (p<0.001). With respect to density, 1 wk in 
culture significantly (p<0.001) increased bone density 86.6%). With respect to areal properties, bone area and total area 
increased 69.1% and 36.6%), respectively, while medullary area decreased 70.9%) over the 1 wk culture period. All 
differences were statistically significant (p<0.001). With respect to volumetric properties, bone volume and total volume 
increased 61.3%) and 36.3%) over the 1 wk culture, respectively. Differences were statistically significant (p<0.001). 

Comparing results across time points by normalizing microCT time point values to day 1 contralateral controls revealed a 
significant loss in organ culture viability associated with the 1 month culture period. For example, resistance to bending 
decreased 25.9% (Imax/Cmax) (p<0.05) and 24.0% (Imin/Cmin) (p<0.05) over the 2 wk culture period and 39.3% 
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Figure 1 . MicroCT results from neonatal bones as a result of 1 wk maintenance in culture. As demonstrated, bones remained 
viable and continued to experience an increase in density, inertial, areal, and volumetric properties. Results are plotted as mean =t 
SEM. 
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(Imax/Cmax) (p<0.001) and 38.6% (Imin/Cmin) (p<0.001) over the 4 wk culture period. Density decreased 41.6% and 
53.0%) (p<0.001) over the 2 and 4 wk culture periods, respectively. These findings, not surprisingly, suggest that the organ 
culture models, as maintained here (passive diffusion), are most effective if used for short-term studies (< 1 wk) and that 
while the bones at 2 wk of culture are more dense and stronger than their counterparts at 24 hr post-harvest, their loss of 
viability is significant given the comparison to the bones from the 1 wk time point. Four week results indicate a relatively 
dead culture that in many cases was approximately equivalent to the 24 hr controls. 
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Figure 2. NormaUzed microCT results show the effects of a 1 month culture period on the organ culture model. Normalized 
results greater than 1 indicate an increase in culture time point parameter (eg, density) in comparison to the contralateral control 
at 24 hr post-harvest. Normalized results less than 1 indicate a decrease in culture time point parameter in comparison to 
contralateral controls at 24 hr. Furthermore, as demonstrated, increases that were observed at 1 wk of culture were significantly 
reduced by 2 wk of culture and completely lost by 4 wk of culture. These results support the short-term (< 1 wk) use of the 
organ culture system. Results are plotted as mean ± SEM. 

EVALUATION OF THE ORGAN CULTURE SYSTEM UNDER DISTRACTION 

To determine if the organ culture approach could be an effective model for DO studies, femurs from 5 -day-old Wistar rats 
were utilized. Unless otherwise noted, all femurs were maintained in culture for 1 week (37°C and 5% CO2). Bones were 
maintained in culture in 12 well plates on stainless steel mesh inserts to maintain the bones at a liquid/gas interface and organ 
culture medium (BGJb, Gibco) supplemented with 15% FBS and 2% P/S was added daily to counteract evaporation. Prior to 
any experimentation, bones were allowed to equilibrate in culture for 24 hr. Following observation of the 24 hr acclimation 
period, all bones were replenished with fresh medium to minimize any harvest-induced insult culture effects [3]. 



Group I (GRP I) consisted of 23 bone pairs; Group II (GRP II) consisted of 21 bone pairs. From GRP I, all 23 pair were 
assessed for non-destructive dimension and mass changes; from GRP II, all 21 pair were assessed for non-destructive 
dimension and mass changes. For each group, 3 pair were assigned to viability studies and 9 pair were assigned to microCT 
and destructive massing. For GRP I, 1 1 pair were assessed for mechanical properties and for GRP II, 9 pair were assessed 
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for mechanical properties. One femur from each pair was assi; 
in culture for 1 wk without distraction. Given the pilot study 
applied, Figure 3. Bones assigned to GRP I were subjected 
to 2% shaft elongation 24 hr post-harvest for a total of 2 hr; 
bones assigned to GRP II were subjected to 2% shaft 
elongation 24, 72 and 120 hr post-harvest for 2 hr each time 
point for a total of 6 hr. The initial waveforms were 
selected to address the effectiveness of multiple loading 
bouts (GRP II) while minimizing the risks of contamination 
in comparison to daily and twice daily manipulation of 
bones, which more closely mimic clinical distraction 
protocols but also greatly increase contamination risks. In 
addition, they were used to address the ability to manipulate 
the relatively fragile neonatal bones on multiple days while 
maintaining an intact system. On day 8, following the 1 wk 
culture period, all bone analyses were completed and the 
effects of distraction on dimensional and mechanical 
properties were assessed. 



gned to distraction and the contralateral control was maintained 
nature of this work, two mechanical distraction protocols were 
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Figure 3. Bones in Group I (GRP I) were distracted 24 hr post- 
harvest for 2 hr and 2% bone shaft elongation; bones in Group II 
(GRP II) were distracted 24, 72, 120 hr post-harvest for 2 hr and 
2% bone shaft elongation at each time point. All analyses were 
completed on day 8 following 1 wk in culture. 



An in-house device originally developed for 
liquid metal strain gauge (LMSG) calibration 
was modified and used as a simple 'distractor'. 
The device centered around a micrometer head 
(resolution of 0.0254 mm) affixed to an 
aluminum plate that was used to dial-in the 2% 
shaft elongation and a large thumbscrew pushing 
against a brass bar was used to lock in the 
distraction. Figure 4. Bone shaft elongation was 
verified optically, Figure 5. Suture-lassoed 
diaphyseal bone ends were connected to the 
distractor on one end via a sliding block and the 
other end via a fixed block such that the dialed in 
displacement represents the bone shaft 
distraction plus suture elongation. Suture strands 
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Figure 4. Device used to apply the 
appropriate distraction protocol to 
loaded bones in GRP I and 11. 
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Figure 5. Time lapse photographs used to optically verify bone shaft elongation of 2% during the active loading phase 
(distraction) of GRP I and 11. Lassoed bone elongation measured from the micrometer head on the distractor incorporated both 
bone shaft elongation and suture stretch; optical measurements enabled separation of the shaft from total elongation. 
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were sandwiched between the aluminum blocks and polycarbonate plates and held in place with socket head cap screws. A 
thumbscrew was then engaged against the micrometer rod to minimize relaxation effects. Optical techniques were used to 
verify the 2% bone shaft elongation independent of suture stretch and studies on suture strength were completed to verify that 
suture loading was in the elastic region and the 2% shaft elongation load was not of a magnitude to prematurely break the 
suture (braided, 5-0). During the distraction period, the bones were hydrated and controls were subjected to the same 
alterations in environment with the exception of loading application. Following the 2 hr distraction, bones were returned to 
culture to await the next loading bout, or the end of the 1 wk culture period. 
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DISTRACTION EFFECTS ON CELL VIABILITY 

Lactate dehydrogenase (LDH) is an enzyme indicative of energy conversion [4,5]. If a cell is actively metabolizing, LDH 

will be present in the cell while it is absent from metabolically inactive cells. As such, whereas hematoxylin and eosin 

(H&E) stains may be used to show the presence of the cell in the bone tissue, the technique does not establish the viability of 

the cell. In contrast LDH staining effectively assesses not only the 

presence of the cell but if the cell is viable (metabolically active). 

A protocol for assessing osteocyte viability using LDH staining was 

developed from existing techniques [4,5] and successfully used to 

quantify osteocyte viability in the neonatal organ culture model as a 

function of time in culture [1]. Briefly, bones were washed and 

placed in a stock base solution containing Polypep, Gly-Gly and 

Nictinamide Adenine Dinucleotide in lactic acid. A pH of 8.0 was 

established and nitroblue tetrazolium was added. After 4 hr of 

incubation, the reaction chemicals were removed and the bones were 

rinsed with deionized water, fixed with 4% paraformaldehyde and 

refrigerated for 24 hr prior to decalcification in Formical-2000 (Decal 

Chemical, Tallman, NY), with calcium sediment measurement used 

as a decalcification endpoint. Longitudinal cross-sections (6 per 

bone) were analyzed under a Nikon Eclipse E600 light microscope 

(Nikon Instruments Inc., Melville, NY) for both control and 

distracted bones; pictures of the cross-sections were taken using a 

Nikon DNIOO camera for manual counting. As shown in the Figure 

6, osteocytes lying within the bone matrix of the medial and lateral 

cortices of the diaphyseal bone region were included in the counts. 

Following manual counts of viability for live (LDH +), dead (LDH-) 

and absent (empty lacunae) osteocytes, it was determined that GRP I 

displayed a 6.21% increase in LDH+ osteocytes and a 21.39% 

decrease in LDH- osteocytes, both of which were significantly 

different (p<.05) in contrast to their non-distracted contralateral 

controls. GRP II displayed a 13.02%) increase in LDH+ osteocytes 

and a 22.04%) decrease in LDH- osteocytes, both of which were 

significantly different (p<.01) in contrast to their non-distracted 

contralateral counterparts. Furthermore, GRP II exhibited a 

significant change (p<.05) in the number of empty lacunae between 

control and distracted bones with a 21.85%) decrease in the distracted 

bones. Results are in agreement with the distraction having a 

stimulatory effect on the bone and a greater stimulatory effect was 

observed in GRP II with the repetitive loading in comparison to the 

single bout of loading of the bones in GRP I. 
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Figure 6. Distraction effects on osteocyte viabiUty for 
GRP I and GRP II, (mean ± SD). Distracted bones 
exhibited a significant increase in cell viability in 
comparison to the no-load contralateral controls. 
Furthermore, the multiple loading bouts of bones in 
GRP II were more stimulatory than the single bout of 
GRPL 



DISTRACTION EFFECTS ON DIMENSIONS 

To assess the effects of distraction on dimensional changes, all bones were subjected to nondestructive dimensional analysis 
and destructive mass analysis (dry and ash massing) was completed on the 3 pair of bones per group assigned to microCT 
analysis following microCT scanning, Figure 7. Bone dimensions were measured using the Nikon dissecting microscope 
outfitted with the Nikon digital camera and analyzed with Image J software (NIH). Femur lengths, shaft lengths and shaft 
diameters were determined from the averaging of three independent measurements. Weight changes were determined using 
a Sartorius (CP-64) balance. Bones were weighed 'wet', following drying off on an absorbent towel; 'dry', following 
defatting in acetone (72 hr) and air drying (24 hr); and, 'ash', following burning for 6 hr in a muffle furnace (600°C). Percent 
ash fraction was determined using previously established techniques [6]. 
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Comparing the changes of the distracted bones with their contralateral controls revealed that while there were no significant 
differences for any of the dimensional results, there were trends that were seen in both groups for all three dimensional 
measurements (lengths and diameter). Of particular 
interest are the bone shaft lengths which increased 
1.41% for GRP I and 2.09% for GRP II in 
comparison to their non-distracted contralateral 
controls. Assessing changes in weight as a function 
of distraction, differences between the distracted and 
contralateral control bones followed similar trends. 
Of particular interest, ash weight increased 1.60%) for 
GRP I and 4.63% for GRP II in comparison to their 
non-distracted contralateral controls. Ash fraction 
increased 2.88% for GRP I and 5.23% for GRP II in 
comparison to their contralateral controls. These 
trends in dimensional increases of the distracted 
bones of GRP I and II in comparison to their non- 
distracted controls in conjunction with the increased 
trends being higher in GRP II with the multiple 
distraction bouts support an increase in shaft length 
with distraction that is qualitatively consistent with 
the clinical condition. Furthermore, the trends in ash 
weight increases of the distracted bones of GRP I and 
II in comparison to their non-distracted controls in 
conjunction with the increased trends being higher in 
GRP II with the multiple distraction bouts support an 
increase in mineral content as a result of distraction. 
This again is qualitatively consistent with the clinical 
condition and an increase in new bone formation 
(osteogenesis) with the distraction, supporting the 
validity of an organ culture model of DO. 




Figure 7. Bone dimensions and weight changes as a function of 
distraction were evaluated. Clockwise (a) bone shaft dimensions, (b) 
cross-sectional dimensions and (c) weight changes including ash 
weight/mineral content following burning in a muffle furnace (d) were 
determined. 
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DISTRACTION EFFECTS ON MECHANICAL PROPERTIES 

To assess the effects of distraction on 
mechanical properties, bones were 
subjected to destructive three-point 
bend testing using a custom built 
small-scale loading platform 

developed in-house [7,8]. Bones 
were placed on the fixtures such that 
the anterior cortex of the bone shaft 
was in tension and the posterior 
cortex was in compression. Bones 
were tested to failure under 
displacement control using a linear 
ramp waveform at a rate of .4 mm/sec 
and a data collection rate of 10 Hz. 
For data collection, the platform was 
outfitted with a 22.5 N load cell and a 
25 mm displacement sensor. 
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From analysis of structural properties 
failure load increased 9.15% for GRP 
I and 18.85% for GRP II in 
comparison to non-distracted 
contralateral controls. Failure 

displacement decreased 1.45%) for 
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Figure 8. Distraction in organ culture increased bone strength. Failure load (FL) and 
stiffness (k) were significantly increased in distracted bones in comparison to contralateral 
counterparts maintained in culture for 1 wk. Results shown are from GRP I. 
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GRP I and 1 1.49% for GRP II in comparison to contralateral controls. Stiffness increased 31.18% for GRP I and 53.12%) for 
GRP II in comparison to non-distracted contralateral controls. Results for stiffness and failure load were statistically 
significant with the results of GRP I shown in Figure 8. Taking the mechanical results into consideration, the combination of 
an increase in failure load (and moment), decrease in failure displacement and increase in stiffness are consistent with an 
increase in strength as a result of distraction. Moreover the larger percent changes in GRP II distracted bones in comparison 
to GRP I suggest that the multiple loading bouts are more stimulatory than the single bout. Furthermore, they also support 
the use of the organ culture model in DO studies suggesting that these systems are capable of surviving multiple loading 
cycles on multiple days of culture. Had this not been the case, the use of such a system to model a clinical condition that is 
continuously loaded over several days would certainly bring into question the usefulness of an organ culture system for 
simulating clinical DO. 

DISCUSSION 

Understanding the process by which bone cells respond to mechanical loading is critical to eradicating metabolic bone 
diseases, optimizing implant design, improving fracture healing outcomes, developing bioreactors and improving the success 
of functional bone tissue engineering. Models that enable the study of the mechanisms and pathways by which bone cells 
respond to mechanical stimulation are pivotal to this mission. Furthermore, models that enable the isolated cellular response 
to the load to be measured at the macroscopic scale are useful, particularly if they can accurately simulate the clinical loading 
condition. In the current work the whole bone organ culture model was assessed for its ability to be used as a model of DO. 
While this work only lays the foundation for this work, the results are promising and indicate that the model remains viable 
and is responsive to DO loading protocols. While this work addressed the simplest case of a linear distraction system and did 
not incorporate a latency period, qualitative and quantitative changes observed from both loading regimes are in agreement 
with events observed in clinical DO. 
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ABSTRACT 

Human tooth enamel possesses unique morphology characterized by repeated cell arrangement. Due to its complex structure, 
various investigators have reported diverse mechanical models and properties in their experimental and numerical studies. In 
this paper, the proper behavior described by the monoclinic model is reported and the effects of hydroxyapatite fibers and 
prism rods on the effective properties of tooth enamel are presented. The results are obtained from 3D finite element analysis 
with a novel procedure to construct periodic cell models and impose boundary conditions. This specialized approach allows 
determinations of 13 independent material constants needed for the monoclinic model. These constants may be used to 
construct homogenized models to study the mechanical behavior of entire tooth under abrasion, erosion, wear and fracture. In 
addition, a large scale 3D analysis was also performed to simulate instrumented micro-indentations of tooth enamel. The 
computed results are compared with experimentally obtained load-displacement measurements to verify the proposed model 
for the tooth enamel. 



Lateral View 



1. Introduction 

A tooth is the hardest substance in the human body and mechanically structured to withstand high stresses. During 
mastication process, it may experience large physical forces, as much as 300N [1] with contact stresses reaching up to 
2.5GPa [2]. The outer layer of tooth is hard enamel, which is supported by dentin, a more resilient but less mineralized 
connective tissue, and the inner pulp. The highly mineralized enamel functions as a shield with hardness and toughness to 
withstand masticating forces, as well as protector for the dentin and the nerves from mechanical and chemical impact. Its 
cross-sectional thickness varies from less than 1mm (in the crown-root junction) to around 2.5mm (in the crown surface). 
Highly calcified enamel consists approximately 96% in weight by inorganic crystalline hydroxyapatite (HAp) and the rest 
with organic non-collagenous proteins [3]. The near total absence of protein matrix leads to two major issues of enamel: first, 
brittleness albeit with high hardness and 
incapability of self-regeneration with lack of 
proteins. 

The primary structural unit of enamel is a prism 
rod with variable internal HAp crystal 
orientations and outer sheath which is mainly 
organic. The acid etched surfaces of enamel are 
shown in Fig. 1 for the occlusal and transverse 
views of prisms. Generally the prism grows 
perpendicular to the surface of dentin thus they 
can bear extremely large normal loads during 
masticating process by transferring high loads 
into the softer dentin tissue. The size of a single 
prism is approximately 7x5 |im. The cross- 
section of the prisms is shaped like a keyhole 
with a large circular head and a tail, periodically 
repeating in the cross-sectional plane. The 
prism consists of highly organized and packed 

hydroxyapatite (HAp) with specific crystal t- i /-. ^- i • r - ^ jx ^ u ^ -^u ^ a ^ • i 

• ^ ]_• 1 . r^. n ' ' Fig. 1. Optical images or prism rods alter etched with acid. A typical 

orientations and an organic matrix or proteins ^ ^ • ^ • \ ^ ^ 

shape and size ot prism rod are noted. 




6 iLim 



T. Proulx (ed.), Mechanics of Biological Systems and Materials, Volume 2, Conference Proceedings of the Society 

for Experimental Mechanics Series 9999, DOI 10.1007/978-1-4614-0219-024, © The Society for Experimental Mechanics, Inc. 201 1 



171 



172 

surrounding the HAp crystals with thickness of 2nm [4]. 

The characteristic microstructures at various size scales are illustrated in Fig. 2. At the low scale level, HAp fibers that are 
30~70nm wide and over lOOjim in length are bonded with organic matrix of proteins, and they make up the prism rod. The 
calcium phosphate that comprises HAp contains a hexagonal crystal structure, and results in a hexagonal shaped cross- 
sectional profile of the crystal, though this becomes distorted due to compaction [5]. Young's modulus of HAp has been 
reported as 110-135GPa [6-9]. The main components of the proteins surrounding HAp crystals are noncollagenous proteins 
such as amelogenins, enamelin and ameloblastin [5]. In the modeling of enamel, there have been different values of the 
protein modulus used in past work. Spears used keratin's 4.3GPa [10] as the elastic modulus of the enamel proteins and 
assumed an isotropic material behavior. Xie's group has utilized a much smaller value of 0.1 GPa in their work [11]. 
Collectively, the effective behavior HAp fibers and protein matrix is similar to those of fiber-reinforced composites. Hence 
the suitable anisotropic material to effective stress-strain relation is "transversely isotropic". The long axes of the HAp crystal 
composites run in the general direction of the longitudinal axis of the prism in the head part and rotate in a perpendicular 
direction to the prism in the tail region as illustrated in Fig. 3. 
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Fig. 2. Scale hierarchy of tooth enamel involves two levels of homogenization with two separate 
anisotropic models; transversely isotropic model from HAp fibers to prism rod, and monoclinic model 
from Deriodicallv arranged orism rods to a tooth. 
The study of mechanical properties of enamel based on its microstructure can offer valuable insights into many aspects, such 
as mechanisms of wear processes, effects of erosion, and the development of restorative materials that imitate the structure 
and properties of natural enamel. The elastic mechanical properties of human tooth enamel have been studied through 
experiments and finite element simulations, because of the complicated microstructure, which contains variations in crystal 
orientations and non-homogeneous properties. The orientation was taken into consideration in several microscopic tests such 
as nano-indentation, but appropriate conditions for introducing crystal orientations within enamel rods and the property 
variations between rods and interrods are yet to be considered. The investigation of the micromechanical response of enamel 
rods through finite element modeling using a periodic model is presented in this work to determine the effective mechanical 
properties for enamel as a monoclinic material, and to determine the effects of microstructure on the stress field. Simulation 
of a spherical indentation in the longitudinal direction of an enamel bulk model is also investigated to study the 
microstructural response during indentation. Spherical indentation simulates the natural loading of enamel, thus provides a 
response related to its normal function. 

2. Modeling of Prism Rods and Computational Procedure 

The objective here is to utilize a proper constitutive relationship of enamel consisted of repeated prism rods as shown in Fig. 
4. Within a prism rod, the property can be assumed to be constant along the axis of rod (z-direction). However, due to the 
various orientations of Hap fibers, the local property is a function of the in-plane coordinates (x and y) with the symmetry 
plane along the center as indicated. Since the geometry and material property possess only single plane of symmetry, the 
stress-strain relation must be represented as "monoclinic" model with 13 independent constants. Note that the orientations of 
HAp fibers (Fig. 3) inherently require 3D modeling of the structure. 



2.1. 3D Representative Unit Cell 

In order to determine the relationship between local (transversely isotropic) and enamel level (monochnic) properties, finite 
element analysis is used to model prism rods. Similar to many composite analyses, a representative unit cell (RUC) or 
representative volume element (RVE) approach for the periodic nature of prism cells is utilized to reduce the size of modeling. 
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A RUC is a small material region that 
can structurally represent the entire 
material by repeating itself infinitely. 
Here the smallest such a model is a 
single prism rod. However, imposing 
loading conditions would be difficult 
along non-planar surfaces of key-holed 
geometry. Thus we have chosen a brick 
or cuboid geometry as the unit cell as 
shown in Fig. 4. Essentially this cell 
contains two equivalent prism rods in 
the model. 

A great care was taken to construct 3D 
mesh of the brick RUC model. First 
since there is no material variation 
through thickness, one layer element is 
only needed along the z-axis. On the x- 
y plane, since the periodic boundary 
condition must be imposed on the outer 
boundaries, nodes on the opposing 
sides must match exactly. Furthermore 
some of the interior nodes must follow 
the physical interfaces of prism rods. 
Other interior nodes must be located so 
that the symmetry and conjugate 
elements in two prism rods are 
identical. The constructed mesh 
shown in Fig. 4 contains 240 Snoded 
brick elements and 546 nodes. Here 
the dimensions are chosen as 
7x7x7|Lim although the dimensional 
scales of RUC model do not enter in 
determining the effective properties. 

2.2. Local Properties within 
Prism Rod 

Locally, the enamel prisms are 
composed of inorganic mineral- 
hydroxyapatite and organic matrix- 
proteins with specific orientations. 
The structure of the hydroxyapatite- 
protein matrix is similar to that of a 
fiber reinforced composite, which is 
axi symmetric in the long direction 
as shown in Fig. 3. It is suitable to 
treat the local properties as 
transversely isotropic. The local 
properties of the elements are 
modeled as transversely isotropic 
(with 5 material constants) and 
variable orientations of the HAp 
crystal composite with the elements. 
The transversely isotropic material 
contains 5 constants as El, Ej, Vlt, 
Vtt and jult- Although some values 
were reported for the elastic moduli 




Fig. 3. Schematics of HAp fiber orientations within prism rod shown in two 
separate perspectives. 



Symmetry plane 




Fig. 4. The cross-sectional illustration of repeated prism rods highlighting finite 
element mesh for unit cell. Actual 3D mesh for cuboid geometry is also shown. 
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of HAp and protein, there is no measurement available for 
the effective properties for HAp fibers with protein matrix 
structures. Thus we have taken the following operational 
approach to assign the material values. First since the ratio 
of Young's moduli with respect to the fiber (longitudinal) 
and transverse directions are generally most critical 
parameter, we chose Ej I El as the primary variable. 
Although computed results can be normalized by either of 
the Young's moduli, we have assigned El = lOOGPa, which 
should be in the close range of an actual value. The rest of 
constants, jult, ^lt and Vtt are set to follow certain rules. 
As shown in Fig. 3, the orientations of HAp fibers or the 
axis of transversely isotropic model varies with the prism 
rod. Here two angles are needed to define the orientation 
due to the 3D geometry. They are the x-z plane angle 6 with 
respect to the global x-axis, and the y-z plane angle ^ with 
respect to the global y-axis. Within the inner head region of 
the model, the angle 6 ranges from 135° to 45"^ from left to 
right horizontally while granges from 80° to 180° from top 
to bottom vertically. These angles were assigned suitably to 
the elements in the model. 

2.3. Periodic Boundary Conditions Fig. 5. Boundary displacements are properly constrained 

Periodic boundary conditions must be prescribed on the to match deformation on boundary and to represent 

entire perimeter of the model so that top/bottom, left/right periodic deformation of unit cells. 

and front/back surfaces must deform in the same pattern under any loading conditions. Essentially each pair of deformed 
surfaces must match exactly to fit as shown in Fig. 5. Unlike unusual symmetric boundary conditions, prescriptions of proper 
constraints are not simple. Particular degrees of freedom at nodes must be controlled to displace according to those of 
conjugate nodes while other degrees of freedom are left unconstrained. We have developed a procedure to constrain a vector 
formed by a node and a reference node to achieve the periodic boundary condition. This method ensures equivalent vectors to 
remain identical which maintains two conjugate element surfaces to have the same areas and the normal directions. As shown 
in Fig. 5, the unit cells repeat themselves without any gaps or overlaps. 




2.4. Effective Properties of Enamel - Monoclinic 

As described earlier, the single plane of symmetry requires the enamel, made up of many repeated prism rods, to be modeled 
as monoclinic. The macroscopic effective constitutive relation is more appropriately modeled as monoclinic (13 independent 
elastic constants) as shown in the equation: 



(1). 



O-u' 




rc„ 


Cn 


Cn 


C,4 





°1 


{'"] 


(7,, 




Cn 


Cn 


Q3 


Q4 








£ll 


C^33 




Cn 


C.4 


C33 


C34 








^33 


Tn 




C,4 


Q 


Q4 


C44 








^23 


Til 
















Q5 


Q. 


r3i 


^"12. 




vO 











Q. 


cj 


Jm. 



As can be seen in the above equation, unlike isotropic or even orthotropic materials, normal and shear stress-strain relations 
are not decoupled (e.g., purely normal loading causes shear deformation). Such a behavior makes determinations of the 
constants more difficult. Furthermore, determinations of the 13 constants in the stiffness tensor require several separate 
analyses with different loading conditions as described next. 

3. Computational Analysis of Representative Unit Cell 

Many separate finite element calculations are carried out to determine the effective monoclinic constants under various ratios 
of local properties (Ej I El ratio). 



3.1. Determination of Constants under Various Loading Conditions 

The model is analyzed under six different loading conditions to determine the monoclinic stiffness constants. They are 
executed in six directions on six comer nodes as shown in Fig. 6. Under each condition, average stress fields are generated by 
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Fig. 6. Six separate loading conditions are applied to determine unknown monoclinic material 
constants. Contours of effective stress are shown. 

dividing the reaction forces of the loading nodes over the nominal area A where the load was applied. To determine the 
average strain fields, the displacements of comer nodes are divided by appropriate lengths of the models. Thus, under each 
loading condition, six average components of stress and size average components of strain are obtained. 



In each loading case, one can establish 6 equations for stress and strains using (1). Suppose under ath loading case, they are 
shown SiS aa=C Sa where (Ja and Sa are the stress and strain vectors containing 6 components shown in (1). With six separate 
loading conditions, one can obtain 36 equations although many of them are linearly dependent. To obtain the best estimates 
for the 1 3 material constants, the singular value decomposition (S VD) method is used. Here the equations are rearranged as 
(^a= ^aC^ where 
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(3). 



By combining all six loading cases, one may also treat f*^^ as 36 by 13 component matrix E, and then solve for the 
components of C* vector or the elastic constants. Since E is not a square matrix, there may be multiple solutions of C*. To 
find the best estimates for the components of C*, the SVD method can be used the transformed strain matrix £" [12,13]. It is 
an effective technique to solve for the unknown parameters based on the linear least-square fit approach when matrices are 
singular or non-square. Here E can be decomposed as E=USV^, where f/ is a column-orthogonal matrix, iS is a square 
diagonal matrix, and F is a square orthogonal matrix. Once E is decomposed, the generalized inverse form of E can be 
expressed as VS^^U^, so C* can be calculated by C^=VS^^U^(7a- 
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Fig. 7. Effects local modulus ratio {EjlEj) assigned for local transversely isotropic model on the 
1 3 elastic constants of effective monoclinic model. 



3.2. Computed Elastic Constants 

The effective mechanical properties determined from the six loading cases for various Ejl Ei ratios are determined. The 
effective stress contours of the local property ratio ofEfl El = 0.2 shown in Fig. 6 indicate large stresses along the boundaries 
of enamel rods. This may imply an enamel rod boundary is the most likely location where micro-crack would occur under 
critical or repeated loading due to locally high strains which will disrupt the HAp crystal-protein composite. 

Computed elastic constants (1) for five different ratios of ^^ / El are shown in Fig. 7. Here El is fixed at lOOGPa. As Et 
changes, large variations on normal stress-strain constants Cu, C22 and C33 are observed. In fact, in-plane components Cn and 
C22 drop to very small values as Et decreases to zero. These behaviors are expected since the HAp fibers are oriented more 
along the z-axis and the stiffest direction is always along the prism rod axis. This has implications to understanding the 
structure of the enamel rods in the tooth crown, where the rod heads point in the direction of the tooth cusp around the entire 
circumference of the tooth. The data indicates that the higher stiffness in the direction of the head-tail may allow enamel to 
absorb compressive stresses that are generated due to occlusal contact conditions (such as mastication with the primary 
molars). Other components also change as the ratio of Et / El changes. 

In order to verify the accuracy of the present procedure, a homogenized model with these monoclinic constants is separately 
analyzed. Using the same finite element mesh, the model was then reloaded in similar ways and then the resulting 
displacements are compared with the original model with inhomogeneous model (i.e., elements with transversely isotropic 
properties with variable fiber orientations). The differences among them are less than 0.01% for all of the components in 
averaged strain and stress fields for every Et / El ratio. 

4. Instrumented Indentation 

One possible method to determine accurate values for the local transversely isotropic model (e.g., Et and El) is to utilize 
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Fig. 8. Effective stress contours during the indentation for the heterogeneous model for Ej I El = 0.2. 
instrumented indentation. In the present analysis, simulated indentation results are compared with experimental record. 

4.1. Experimental Indentation Measurements 

Experimental measurement of a spherical-head micro-indentation on the occlusal and transverse surfaces of an enamel 
sample with a radius of 200iim was conducted. The modulus of occlusal surface was measured as ^norm=56.5 ± 2.3GPa and 
the modulus of the transverse surface was measured as ^tran=34.5 ± 3.8GPa using Oliver and Pharr method. The ratio of £'tran / 
^norm = 0.61 is closc to £'tran / ^norm = 0.57 rcportcd by Hc's group [14] where for shallower indentations (contact radius of 
-Sjim) was used. Measurements on the local elastic moduli of an enamel sample using atomic force acoustic microscopy 
exhibited 40-50% difference between the moduli of local properties which approximately correspond to the local property Ej 
and El in the model [15]. 

4.2. Finite Element Model 

Using the unit cell in as the primary geometry, large meshes are constructed for the indentation simulations. Since the model 
possesses only single symmetry, half geometry must be modeled. After testing several model sizes (must be large enough to 
avoid boundary effects), we have chosen a model contains 6x12x22 = 866 unit cells with 42x84x1 68iim. Note that the length 
along the out-of-plane or the prism rod axis is adjusted for each element layers while the in-plane dimensions are kept the 
same. The total number of elements is 207,360. Due to the monoclinic nature of material properties, the large depth was 
needed to exclude the bottom boundary effects. 

4.3. Indentation Results 

Displacement controlled indentation was simulated for different local property ratios {Ej I El = 0.1, 0.2, 0.5) up to the 
maximum depth of Ijim The effective stress contours are shown in Fig. 8 for three different load levels. Unlike homogenous 
materials, they clearly show discontinuous stress fields as the material properties are heterogeneous. The large stress shown 
in red indicates stiff er response of head region of key-hole shaped prism rods. Note also that the large stresses appear to 
propagate to the bottom instead of remain near the indentation. Again these are the results of unique tooth enamel 
microstructure. 



The indented load-displacement curves are shown in Fig. 9 for three different ratios of ^^ / El. As the ratio decreases, the 
response becomes more compliant. For a comparison, the experimentally obtained data is also shown in the figure. Here the 
loading portion appears to agree with the EtI El = 0.2 simulation results. However the unloading curve (also shown at a 
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Fig. 9. Simulated indented force-displacements for various modulus ratios of transversely isotropic 

model. Experimental data is shown for comparison, 
shifted position for clarity) indicates a much stiffer response. In fact is stiffer than Ej I El = 0.5. The large difference in 
loading and unloading portions of load-displacement cures is probably due to crushing of actual tooth enamel and 
compacting upon unloading. A further test is needed to elucidate the results and make comparisons with the simulated results. 

5. Conclusions 

This work studies mechanical properties of human tooth enamel based on the complex microstructure through a periodic 
finite element model. In the analysis, a representative unit-cell model was utilized effectively to study the connection between 
microstructure and the macroscopic mechanical behavior. Also a procedure was developed to prescribe 3D periodic boundary 
conditions. The present analysis revealed the accurate monoclinic nature of the enamel microstructure and the suitable 
constitutive law was used to determine 13 independent material constants. The model was further developed for the 
simulations of micro-indentation which can be used to compare with experimental results. The indentation analysis also 
revealed that the maximum effective stress occurred at the depth of S.Sjim beneath the surface for the heterogeneous model. 
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ABSTRACT 

Nacre from mollusk shell is a high-performance natural composite, composed of microscopic mineral tablets 
bonded by a tough biopolymer. Under tensile stress these tablets slide on another in a highly controlled fashion 
and over large volumes, and this unique mechanism leads to an overall toughness of nacre three orders of 
magnitude higher than the brittle mineral. This degree of toughness amplification is currently not matched by any 
synthetic composite. This article presents the first synthetic material based on the structure of nacre that 
successfully duplicates the mechanism of tablet sliding. This material was made of millimeter size poly-methyl- 
methacrylate (PMMA) tablets arranged in columns and held by fasteners. Strain hardening was provided by tablet 
waviness, leading to strains at failure 3-5 times greater than bulk PMMA. Analytical and finite element models 
successfully captured the locking mechanisms, enabling a rigorous design and optimization of similar composites 
based on different materials or at different length scale. This work demonstrates how key features and 
mechanisms in natural nacre can be successfully harnessed in engineering material, and unveils two new 
mechanisms, the effect of free surfaces and unzipping. Both mechanisms may be relevant to natural materials 
such as nacre or bone. 

Keywords: nacre; biomimetics; tablet; analytical model; finite element model 

1. Introduction 

Materials produced by nature exhibit remarkable properties which are attracting the attention of engineers, 
material scientists, chemist and zoologists in search of inspiration for novel material designs [1]. Often made of 
materials with relatively poor structural qualities, biological materials achieve their performance through intricate 
microstructures finely tuned over millions of years of evolution [2-4]. Elucidating the structure-properties 
relationships in these materials is a challenging task, but is nevertheless an essential step for a successful 
biomimetic "transfer of technology" from natural to synthetic materials and systems. Nacre from mollusk shells, 
also known as mother of pearl, is now identified as an excellent model for high-performance materials offering 
attractive combinations of stiffness, strength and toughness [5]. Nacre is a highly mineralized material made of 
95% of the mineral calcium carbonate, which comes in the form of microscopic polygonal tablets closely stacked 
to form a dense, three-dimensional brick wall [6]. The remaining constituents are proteins and polysaccharides, 
which form an organic matrix concentrated at the interfaces between the tablets [7]. Nacre is relatively stiff and 
hard compared to other biological materials, which is easily explained by its high mineral content. The most 
remarkable and less obvious property in nacre is actually its toughness, which is 3000 times that of the mineral it 
is made of (in Jic terms) [2]. Much of this toughness is explained by nacre's ability to deform past a "yield point" 
and to develop large inelastic strains over large volumes around defects and cracks. This mechanism generates 
tremendous toughness amplification [8], effectively making nacre damage tolerant [9]. Failure strains in nacre 
exceed 1% [10], which is 100 times the typical failure strain of engineering ceramics. These high strains in nacre 
are now well explained by two mechanisms. First, the tablets have the ability to "slide" on one another when nacre 
is subjected to tension [11]. This sliding is mediated by soft organic materials that provide cohesion over large 
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sliding distances [12] and possibly lubrication [9]. In addition nanoscale mineral features at the interface can 
increase the resistance to sliding [9, 11]. These combined features are necessary for large deformation but they 
are not sufficient. A hardening mechanism has to operate in order to spread the sliding mechanisms over large 
volume and to delay strain localization in order to maximize energy dissipation at the interfaces. This second key 
mechanism has recently been demonstrated to be generated by the waviness of the tablets, which makes the 
ends of some tablets thicker at the periphery than near the center, effectively providing low angle dovetails [10]. 
Under tension these dovetails provide progressive locking stresses that impede tablet sliding and generate 
hardening. The "core" of each column (central region of the tablets) is also reinforced by mineral bridges [13] 
which probably add stability to the structure and prevents delamination. 

The unique architecture and mechanisms of nacre and how they lead to its impressive mechanical performance 
have motivated the development of numerous "artificial nacres" over the past 20 years. Various fabrication 
techniques were employed, including innovative and ingenious approaches such as layer by layer deposition [14], 
bottom-up colloidal assembly [15], molecular scale self-assembly and biomineralization [16], or ice-templated 
sintering of alumina powders [17]. These materials successfully duplicate several features of natural nacre: 
unidirectional micron or sub-micron size mineral tablets with high aspect ratio embedded in softer, ductile 
polymeric matrices. However, while these materials display structures which closely resemble nacre, none could 
truly duplicate its mechanism of tablet sliding with progressive locking. 

An alternative approach to alleviate this major fabrication challenge is to "relax" the length-scale condition and to 
produce structures with millimeters rather than micrometers length scales. Current fabrication technologies allow 
a far greater control over geometries and structures in the millimeter scale, which can be harnessed to duplicate 
specific features in natural nacre. Recent work by Espinosa et al. [18] followed this approach: rapid prototyping 
was used to produce a two-dimensional tiling resembling nacre, including tablet overlap and waviness in the form 
of dovetails. The mechanical response showed softening at first followed by some locking and the beginning of 
spreading of deformation. The strain hardening, progressive locking and massive spreading of inelastic 
distribution observed in natural nacre could however not be replicated. 

In this article a novel composite based on the structure and mechanics of nacre is presented. This composite was 
based on millimeter size poly-methyl-methacrylate (PMMA) tablets, constructed following the brick and mortar 
arrangement of natural nacre in a two-dimensional tiling. In place of the mineral bridges present in the core 
regions of nacre, transverse fasteners were used to hold the tablets together. The tablets duplicated the waviness 
of natural nacre in order to generate hardening and spread deformations. The first section of the article presents 
an overview of the structure, mechanics, fabrication and testing of this new material. The mechanics is further 
explored, where analytical and finite element models are presented and compared to the experiments. 

2. Overview of the Composite 

The objective of this work was to fabricate a material that incorporated the structural features required to duplicate 
the tablet sliding mechanism observed in natural nacre. The proposed nacre-like composite material is showed in 
fig. la. Its main features directly borrow the following design features of natural nacre: 

1) Stiff and brittle tablets are arranged in a columnar fashion with well defined overlap and core regions. 
This arrangement is achieved by alternating long tablets (major tablets) with shorter tablets (minor tablets). 
The tablets were machined from PMMA, which was chosen for its machinability and because it is relatively 
stiff and brittle compared to other polymers. 

2) Interfaces between the tablets that maintain cohesion over long sliding distances: Here no material was 
actually used at the interfaces, and direct contact and dry friction controlled the interaction between the 
tablets. 

3) Waviness on the tablets in order to generate strain hardening and spread deformations: Here a 
triangular shaped waviness was implemented on the surface of the tablets, which generated dovetail 
features at the ends of the major and minor tablets. 

4) Reinforcements in the core regions: In natural nacre mineral bridges, concentrated in the center of the 
tablets, reinforce the core regions and prevent delamination. In the proposed material these bridges were 
replaced by transverse fasteners that hold the tablets together and reinforce the core. 
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The anticipated behavior in tension of such composite is that tablets slide on one another and progressive locking 
spreads inelastic deformations over the entire material, which successfully duplicates the behavior of nacre. As a 
result the strain at failure and the energy dissipated through friction is expected to be several times that of the 
tablets themselves. With flat tablets the deformation would inevitably lead to immediate localization of strains. The 
dovetails are critical to generate progressive locking, and the stresses involved in this mechanism are showed on 
fig. 1b. In addition to dry friction, the dovetails generate transverse compressive stresses in the overlap regions, 
which increase with sliding distance and generate hardening. Transverse compression is balanced by transverse 
tension in the core region, which can become high enough to delaminate the tablets. Delamination immediately 
shuts the locking mechanism and leads to premature failure. A preliminary finding that lead to this prototype was 
that no synthetic glue could prevent delamination while at the same time allow for tablet sliding. Fasteners were 
therefore chosen to hold the tablets together, emulating the mineral bridges observed in the core regions of nacre. 



Minor Major 
tablets tablets 



Bolts 




(b) 




Overlap Core 
1.4 mm 2.8 mm 

Fig. 1 Overview of the composites: (a) schematic with dimensions; (b) some of the stresses involved in 

progressive locking 



3. Fabrication and Testing 

As a first fabrication step, 50 mm by 50 mm PMMA plates were cut from a 1 .5 mm thick PMMA sheet. An end mill 
sharpened at a 5° angle was used on a CNC milling machine to generate the wavy features on the surface of the 
plates, and a small diameter end mill was then used to machine the deep grooves that defined the ends of the 
tablets. The PMMA plate was then flipped and the machining process was repeated on the other face. A special 
fixture was used to ensure that the features on both faces were properly aligned. As a final machining step, an 
array of holes with a diameter of 1 .0 mm was machined through the centers of the tablets. The tablets were then 
separated manually, and after sonication and cleansing with ethanol they were assembled on 0.8 mm diameter 
stainless steel rods and nuts to form a nacre-like structure. The resulting material consisted of 7 layers and 
composed of 8 columns of tablets (fig. 2a). The nuts were either lightly tightened by hand ("snug-tight"), or 
tightened using a wrench. The amount of tightening was then controlled by counting the fraction of turns imposed 
on the nuts. 



The resulting material was tested in uniaxial tension along the direction of the tablets, using a miniature loading 
stage (Fullam, NY). The sample was held in place by clamping the end columns of tablets. The setup was then 
placed under a digital camera equipped with a macro lens. The sample was stretched at a rate of 3.0 mm/min 
(corresponding to a strain rate of 2.8x10"^ s"^), until the specimen failed, and images were captured at regular 
interval to keep track of deformations and failure. Fig. 2b shows the displacement results from digital image 
correlation (DIG) in one typical test. Displacement jumps across every potential sliding site are evident. It also 
indicates that the columns of tablets also rotate during sliding, and that the overlap regions actually progressively 
fail by "unzipping". This instability is probably triggered by little amount of misalignment of the individual tablets 
during assembling process or preexisting defects in the assembly. The stress-strain curves resulting from this 
tensile test are shown in fig. 2c. After a short linear region the material enters a nonlinear regime with significant 
strain hardening. In this regime the tablets are sliding on one another, the dovetail geometry providing progressive 
locking and hardening. As the tablets slide and hardening develops, the contact area between tablets diminishes, 
which decreases the amount of force transferred at the interfaces. This softening phenomenon competes with 
hardening until the stress reaches its maximum value, after which softening prevails and a strain localization 
appears: any additional stretch imposed on the sample generates tablet separation in only a single overlap 
region, the other being "frozen" at the same stage of sliding. Complete separation of the composite occurred at 
strains of about 12%, which is 3-5 times higher than the strain at failure of PMMA. This nacre-like mechanism can 
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therefore effectively turn a relatively brittle material into a ductile one. Interestingly, tightening the fasteners 
increased the maximum stress. This is explained by (i) the initial transverse compression between tablets is 
higher, and therefore the friction force is higher and (ii) higher transverse compression delays delamination 
between the tablets which sustains the strength of the locking mechanism. 
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Fig. 2 (a) Actual composite after assembly; (b) displacement using DIG; (c) tensile stress-strain curves from the 
nacre-like composite for different amounts of tightening on the fasteners 



4. Representative Volume Element (RVE) Models 

A two-dimensional analytical model of the nacre-like composite was first developed, with the aim of capturing the 
progressive locking mechanism and to identify key structural parameters. In this first model the structure was 
assumed to be periodic in the two in-plane directions so that only the representative volume element (RVE) was 
modeled, as shown in fig. 3a. 

The depth of the composite was smaller than the in-plane dimensions plane stress conditions were assumed. The 
tablets were modeled as linear elastic (modulus E and Poisson's ratio v). The sliding of the tablets at the 
interfaces was assumed to be controlled by Coulomb friction, with friction coefficient (f). An analytical model could 
be derived to take in account the progressive locking of the elastic tablets and the effect of the fasteners. The 
main result from this model is the tensile stress-strain curve of the composite, given by: 
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where a and e are the stress and strain in the composite. The tensile stresses could be normalized by the 
modulus of the tablets £, with the immediate result that the elasticity of the tablets dominates the locking 

mechanism. Equation (1) is also function of the nondimensional tablet aspect ratio a = - , of the overlap ratio 
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(with E^ being the modulus of the bolt, A^ its cross 
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section and w the depth of the RVE), and of the nondimensional bolt tightening ^ = — ^ (where p is the pitch of 
the thread and N is the fraction of turns given to tighten the fastener). 

While this relatively simple analytical expression for the stress-strain curve is convenient for parametric studies, 
several assumptions were made in its derivation. For this reason the accuracy of that solution was assessed by 
comparison with a finite element model. Only one quarter of the RVE was model using symmetries, and periodic- 
symmetric boundary conditions were imposed (fig. 3b). The tablets had the elastic properties of PMMA (E = 2.3 



185 

GPa obtained by three-point bending test; v= 0.35). The fastener was explicitly modeled with a bar element, 
whose end displacements were tied to the upper and lower edges of the RVE. The fastener had a diameter of 0.8 
mm and a modulus E^ = 200 GPa. In some cases an initial tightening was imposed on the fastener, by the same 

amounts as for the experiments. Surface to surface contact elements were inserted at the interfaces with friction 
coefficient f = 0.2. Fig. 3c shows that the stress-strain curves obtained by the analytical and the finite element 
models are in excellent agreement. However, the experimental stress-strain curves are much lower than these 
predictions. This indicates that these RVE based models do not properly capture major phenomena in the actual 
material. 
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Fig. 3 (a) RVE model; (b) mesh and boundary conditions of the RVE based finite element model; (c) comparison 
of the stress-strain curves of analytical model, finite element model and experiment 

5. Finite Width IVIodel 

In order to refine the model to capture the experiments, several features were added to the model: (i) the free 
surfaces on the side of the composite were considered, (ii) initial gaps between tablets, due to imperfect assembly 
were included; (iii) an instability was introduced in order to induce the "unzipping" phenomenon observed 
experimentally. 

The progressive locking mechanism requires a build-up of transverse stresses. This build-up is possible for a 
periodic RVE, which is assumed to be far enough from free surfaces not to feel their effect. In reality the present 
model material has only 7 layers so the effect of the free surface is likely to be prominent. Therefore a finite width 
finite element model composed of 7 layers was constructed (fig. 4a). The top and bottom edge were free surfaces 
while nodes on the left and right edges were constrained to remain on a straight line by using slider elements. 
Fasteners were modeled with bar elements on the right and left of the model, and their extension or contraction 
was tied to the upper and lower edges of the material. The resulting stress-strain curve (fig. 4d) shows stress 
levels less than a third of the stresses from the small RVE FE model. The effect of the free surfaces is therefore 
significant: transverse stresses cannot fully develop and the efficacy of the locking mechanisms is greatly 
diminished. 



As a second refinement to the model, initial gaps were introduced, following experimental observation (fig. 2a). 
The presence of these gaps further reduces the tensile strength and the strain at failure (fig. 4d), as they reduce 
the contact area between tablets. In order to simulate unzipping in the finite width model, a defect was introduced 
in the model by slightly decreasing the modulus of a few elements in the lower half of the model. The model was 
then pulled at only 2 points only, located half-way through the thickness. This triggered an "unzipping" type of 
failure where the overlap areas near the lower surfaces (where defects were introduced) would fail first (fig. 4c). 
The model then progressively opened ("unzipped") towards the upper side of the model. Incorporating unzipping 
in the model also had an impact on the stress-stain curves, by decreasing the overall strength by about a third 
and by reducing the strain at failure (fig. 4d). 
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Incorporating the free surfaces, the initial gaps and unzipping brought the stresses close to the experimental 
values. The results of this refined model are compared with the experiments on fig. 4e for the 3 levels of bolt 
tightening (snug-tight, % turn and Vi turn). The agreement is reasonable, considering the assumptions made in 
the model and possible imperfections in the material. The tensile strength obtained by the finite width model is 
reasonably close to the experiments with pre-loads of Va turn and Vi turn, but is approximately 30% larger than the 
experiment under the snug-tight condition. The predicted failure strain is approximately 50% larger than the 
experimental value, which was expected since the model has only two columns as opposed to eight in the 
experiment. The model properly captures the following effects: (i) strain hardening up to a maximum stress 
followed by softening; (ii) the initial stress increases as the bolt pre-load is increased; (iii) the hardening rate is not 
dependant on tightening; (iv) the maximum stress increases as the bolt pre-load is increased; and (v) the strain at 
localization decreases as the bolt pre-load is increased. 
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Fig. 4 (a) Mesh and boundary conditions of finite width model; (b) uniform deformation; (c) unzipping; (d) the 
stress-strain curves of RVE based FEA model and finite width model; (e) the stress-strain curves of finite width 

model and experiment with different levels of bolt tightening 

6. Conclusions 



This article presents the first prototype made of PMMA tablets in millimeter size based on the structure of natural 
nacre which properly duplicates, for the first time, its unique mechanisms. Progressive tablet locking, strain 
hardening and spreading of large deformations over large volumes were all achieved in this new material. The 
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objectives of this model material were to (i) demonstrate how tablet waviness leads to the properties of nacre and 
(ii) to validate models that can be used in the design of this type of composites. Transverse fasteners act as a 
strong transverse reinforcement to the composite, which was needed to generate tablet locking. In natural nacre 
mineral bridges provide a similar type of reinforcements. Even though the structure of this PMMA material was not 
optimized, it still showed strain hardening behavior and large strain capacity (9-12%). The material is however 
very weak in tension making it not suitable for engineering applications. With the proper mechanical model this 
mechanism can however be translated to similar composites made of stronger and perhaps smaller tablets 
(metals, ceramics), and the microstructure can be optimized accordingly to achieve new combinations of strength, 
modulus and toughness that may be of interest for engineering applications. The analytical and finite element 
models presented here provide useful platforms to design and optimize similar materials based on the same 
mechanisms, but using different materials or length scales. Interestingly, experiments on the model material 
revealed new insights on the mechanics of staggered structures that would have been difficult or impossible to 
gain from studying natural nacre. The effects of the free boundary, the initial defects and the "unzipping" are new 
factors that should be considered in the modeling and design of artificial nacres. 
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Abstract 

A novel hybrid control logic is deployed on a novel cellular microinjector called the Ros-Drill (Rotationally 
Oscillating Drill). Ros-Drill technology is primarily developed for ICSI (Intra Cytoplasmic Sperm Injection). 
The new structure offers an inexpensive tool which performs precise micro motion control on an actuator 
(DC motor), creating high-frequency rotational oscillations at the tip of an injecting pipette, which, in turn, 
drills the cells. Angular motion control presents no particular difficulties when the application uses high 
fidelity measurements of the motion being controlled. However, size, costs and accessibility of the 
needed technology relevant to the hardware components negatively influence the design of the control 
settings. In this presentation we describe an adaptive-hybrid control structure which is developed around 
a commonly available microcontroller core. We consider three limiting factors: bounded sampling speed 
of the controller, and extremely low relative resolution of position measuring sensor, as well as the limited 
capabilities of generating the desired rotational trajectory. We present a novel methodology to overcome 
these specific problems utilizing an adaptive, robust and optimal PID (proportional-integral and derivative) 
control strategy. It is demonstrated that the required fine rotational motion for the cellular injections is 
obtained with desirable fidelity, despite the stated shortfalls in the components. Field experiments and 
preliminary biological test results will also be included in the discussions. 

ROS-Drill micro-injector description and test results 

We review the very recent development of a novel technique in ICSI (intracytoplasmic sperm injection) in 
this presentation. It is called the Ross-Drill (Rotationally Oscillating Drill). The underlying procedure is 
one of the broadly used cellular-injection processes. A drawn glass pipette is pushed against the cell, and 
a series of impulsive pulses are exerted on it axially to achieve the piercing through the membrane 
(oolemma) and injection. Fig. 1. The most advanced version of this procedure is currently conducted 
using piezoelectric assistance (so called piezo-assisted drilling). It requires a very small mercury column 
inside a glass pipette in order to stabilize the pipette tip against transverse oscillations. But the toxic 
mercury is generally prohibited in biological clinics, which makes the technique deployable only in 
laboratory settings. In a recent study we introduced a novel procedure to remedy the shortfalls of the 
piezo technology, both from mercury requirement as well as the transverse oscillations aspects [1 ,2]. This 
new technology is based on a rotational oscillatory drilling thus it is named (ROS-Drill). 
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Fig. 1. Depiction of cellular injection 
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A prototype of ROS-Drill microinjector is shown in Fig. 2. A precision DC-servomotor rotationally oscillates 
the pipette tip, which is attached to a holder. The entire structure is on a micro-positioner (robot) in order 
to guide the pipette tip to its proper location, in microscopic scale. This manipulator plays a very important 
role as it establishes the pre-piercing deformation on the cell membrane. This deformation amount is 
crucial as it sets the membrane tension just prior to the start of the Ros-Drill action. The main task starts 
from that point on: one needs to create desired rotational oscillations at the tip [3]. 




Fig. 2 Ros-Drill© prototype 



A general description of the proposed control structure of Ros-Drill is shown in Fig. 3. The feedback 
control signal is generated by a digital controller (Silicon Labs, C8051 microcontroller). The input 
reference signal for the desired trajectory is harmonic Asin(27dt) ,where A is the amplitude of the 
oscillation (degrees) and f (Hz) is the frequency of the motion. Just to give a point of reference, typical 
operational ranges of the desired trajectory for mouse oocytes are A (0.2-0.4 degree), f (400-1000 Hz). 



Several observations are noteworthy: 
A pure harmonic reference trajectory 
avoids excitation to the natural 
vibration modes of the drawn pipette 
tip, therefore it is desired. The range of 
the oscillation frequency is selected to 
create sufficient bandwidth differential 
between the membrane responses to 
harmonic stimulus and that of the 
pipette tip. We hypothesize that this 
differential is the main mechanism to 
create a clean and self-healing 
piercing of the membrane. 
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Fig. 3 New Ros-Drill© control structure. 



Highlights of the controller: A 

harmonic trajectory is feasible to 
implement. In ROS-Drill, PID (Proportion- Integral-Derivative) control logic is selected. The position 
sensing is provided by an incremental optical encoder which is attached to the shaft of the micro-motor. It 
has a restrictive 1000 pulses/rev rotational sensing capability. When it is used in quadrature decoding 
mode it creates a resolution of 0.09 degree. As such, the operating amplitudes generate 4-8 encoder 
pulses for each peak-to-peak stroke, which represents a very low-resolution sensing capability. This 
constraint is very stiff for a healthy and reproducible trajectory tracking task. Main difficulty is due to the 
numerical limitations in creating the appropriate control signals (especially that of the D-derivative 
component). Under these severe restrictions the only practical remedy would be an "Adaptive hybrid 
feedback control" logic, which is currently implemented on Ros-Drill. It offers several interesting 
features: 

(a) tuning of the controller numerically and experimentally by proper selection of feedback control gains, 

(b) categorizing these optimum settings in clusters of user-defined amplitude and frequency, 

(c) creating a look-up table routine within the microcontroller program to make these selections in-situ. 
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Fig. 4 shows sample trajectory tracking results which are repeatable and optimum for the given controller 
setting. It shows the sustained oscillatory behavior of 0.2 degree in amplitude (4 steps of encoder pulses 
peak-to-peak). These mechanistic capabilities are expected to be transformed into biological end results 
in the form of higher success rate of piercing, better survival rates of embryos and ultimately the pops. 

Having developed the control logic to a satisfactory level, Ros-Drill is presently tested for biological 
influence. The tests have been very encouraging to date. Some recordings from experiments and 
preliminary comparison data vis-a-vis the conventional, piezo-assisted ICSI procedures will also be 
presented during the talk. Interested reader is directed to several publications of the group [4] 
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Fig. 4 Rotational oscillations at/j= 700 Hz. 
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ABSTRACT 

We are developing an advanced computer-controlled digital optoelectronic holographic system (DOEHS) with the ability to 
measure both shape and acoustically induced deformations of the tympanic membrane of several species, including humans. 
The DOEHS have been deployed for testing and use in clinical environment. 

The DOEHS consists of laser delivery (LD), optical head (OH), sound presentation (SP), computing platform (CP), and a 
mechatronic otoscope positioner (MOP) subsystems. In this paper, we present advances in our development of the MOP 
subsystem, which is capable of positioning the OH subsystem near the patient's ear and maintaining of its relative position 
and orientation during holographic eardrum examinations. Our work focuses on the development and implementation of 
various approaches for mechanical stabilization of the MOP-OH subsystems, including custom designed packaging of the 
OH as well as automatic interferometric compensation against measuring disturbances induced by periodic oscillations, such 
as those produced by heartbeat and breathing of a patient during examination. 

We present preliminary results of our investigations of acoustically induced motions on tympanic membranes by 
measurements with our DOEHS enabled with a structurally stable MOP subsystem. 

Keywords: structural stabilization, mechatronics, middle ear mechanics, otology, shape and deformation measurements. 



1. INTRODUCTION 

Current ear exams are assessing the state of the patient's hearing mainly based on the healthiness of the tympanic membrane 
(TM). Various examination procedures [1,2] of the response of the TM to a controlled sound input include the Laser Doppler 
vibrometry (LDV) measurement. While giving valuable quantitative feedback for the healthiness of the patients hearing , this 
is limited to providing information for the response of only one point on the membrane leaving the examiner blind to the 
complex patterns unfolding across the full surface of the membrane. 

In order to overcome this limitation we are developing an advanced computer-controlled digital optoelectronic holographic 
system [3, 4] (DOEHS) that is capable of simultaneously measuring the displacement of the full surface of the tympanic 
membrane induced by a controlled input. Our current otoscope system can provide near real-time quantitative measurements 
of the sound-induced motion of the eardrum and is already deployed for clinical testing. The system also allows for lensless 
focusing that relies on completely numerical reconstruction of the image. 

The stability of the OH during measurement is crucial for the quality of the measured data. We have developed a mechatronic 
positioning system that allows for the otoscope head to be easily positioned near a patient's ear by an examiner and 
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autonomously kept stable during duration of holographic measurements. In order to ensure that the positioning system is 
intrinsically safe a novelty control approach was taken by using only adjustable friction elements [5] together with haptic 
feedback resulting in a non-actuated admittance control system. This non-actuated yet active system design approach renders 
a positioning system that is as safe as ordinary static positioner systems. This allows for the positioner to be operated in 
existent otology clinic settings without the need for expensive and time consuming testing that is required with similar 
actuated mechanisms. 

A proof of concept prototype positioner (PCPP) based on the new control scheme was first developed that allows for full 6 
degrees of freedom (DOF) orientation of the otoscope head with respect to the patient's ear. Based on the development and 
testing of the PCPP and quantification of the required DOF in real clinical examination conditions the first fully functional 
prototype of the MOP was developed and deployed in a real clinic environment. Initial tests shows promising results for the 
measurement capabilities and versatility of the system and they also suggest the system to be safe and reliable. 



2. DIGITAL OPTOELECTRONIC HOLOGRAPHIC OTOSCOPE SYSTEM 



2.1. Realization of DOEHS 

The system consists of four physically independent modules where every one of them is easily disconnectable to allow better 
mobility in the transportation between examination rooms and various otology clinics. 




(a) (b) (c) 

Fig. 1. Full system overview: (a) Measurement subsystem; (b) Mobile computing and control platform; (c) LaserView [6] 

image processing software. 

The otoscope optical head (OH), the sound presentation (SP) system and the mechatronic otoscope positioner (MOP) are all 
in one assembly that can be attached close to the patient to an existing clinical examination setup. The laser delivery system 
(LD) is separate from the rest of the measurement system to reduce the size and increase mobility of the measurement 
system. The computing platform (CP) consists of two physical parts: a driver and power unit, and PC that controls the whole 
system through the driver module. 

The examiner controls the whole system through a single unified data processing software platform [6] that allows for 
various measurement modes and numerous live and offline image processing techniques. 

2.2. Otoscope optical head system and sound presentation system design and packaging 

Reconstructing an image with the DOEHS is based on the four phase stepping digital holography method [3, 4]. Technique 
allows for the recording of holograms without any optical elements, thus reconstructing purely numerically the object image 
with the help of a computer. 



Without the lenses and the required alignment mechanisms associated with them, the lensless system allows for much better 
packaging densities. This allows for a mobile and versatile system as it greatly reduces machining and packaging 
requirements as well as specific size and mass of the system. The implemented design of the OH achieves nearly 60% size 
reduction as compared to a packaging design based on a traditional holographic setups [7] thus allowing for truly handheld 
portability. 
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Figure 2 represents a CAD model and a image of digital holography based OH system implemented in clinical conditions. 
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Fig. 2. Otoscope head subsystem configurations: (a) Lensless otoscope system CAD model; (b) and manufactured system. 
Both systems share the following elements: high speed digital camera (CCD or CMOS); beam splitter (BS); reference beam 

(RB); object beam (OB). 

The OH represents a multi-domain measurement device as it incorporates a sound presentation system (SP) that includes a 
calibrated microphone for pressure impedance measurements as well as speaker for controlled sound excitation of the human 
TM. 



3. DESCRIPTION OF MECHATRONIC OTOSCOPE POSITIONER 



3.1. Proof of concept prototype positioner 

An initial proof of concept positioner was designed to explore the plausibility of the concept of using a versatile and mobile 
positioner for a holographic system as opposed to more conservative exiting designs that would limit the maneuverability of 
the OH during the delicate positioning operation in a human ear in clinical environments. 

The device allows for the examiner to position the OH to the patient's ear by intuitively applying a force to the positioner's 
control handle. The positioner's controller uses a novel approach [13] that does not actively position the OH, rather only 
constrains and limits the user's input. This feature makes the device inherently safer than traditional actuated manipulators. 




Fig. 3. Full system test setup and individual positioner parts. Links are highlighted with blue lines and rotational joints are 

marked with green center lines. 
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Aside from providing ease in the positioning of the OH, the PCPP also provides stable conditions for the recoding of nano- 
meter displacements of TM. Figure 4 compares stroboscopic measurements of the nano-meter scale vibrations of a 7mm 
circular copper membrane acquired with the OH, while being supported by an optical post and the PCPP. 




(a) (b) 

Fig. 4. Unwapped and wrapped optical phase image of the displacement of a copper foil excited at 13.5 kHz. OH is 

supported by an optical post (a) and the PCPP (b). 

3.2. Mechatronic otoscope positioner 

For the implementation of the OH system in clinical environment the MOP was designed based on a commercially available 
microscope positioner whose mechanism was altered to fit the OH and it was also retrofitted with adjustable braking system. 
The mechanical modifications were based on measurements and observations of the trajectories of typical otology clinical 
exams and more specifically the required degrees of freedom (DOF) and workspace to position the otoscope in the patients' 
ear. The intuitive control system of the MOP allows it to be controlled by the examiner with a single button. 




(a) (b) 

Fig. 5. CAD model (a) of the required workspace for one ear and the full workspace of the positioned - generic model of 
patients head is included for scale; MOP (b) parts (links are red lines) and kinematic model. 



The control elements in the MOP have been designed so that they are all part of a parallel control system that is easily 
expandable without any change in the existing hardware of the MOP. This allows for similar control system to fit large 
number of existing medical positioners that expands the possibilities for implementation of the DOEHS in various clinical 
settings. 
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4. RESULTS 



The system has several modes [7] of measurements - time-averaged, double exposure and stroboscopic mode. Below are 
representative results of the measurement capabilities of the system in stroboscopic mode during measurements of a human 
TM, while the OH is being supported by the MOP: 





(a) (b) (c) 

Fig. 6. Phase map (a) of the amplitude distribution of the TM of a postmortem chinchilla at an excitation signal frequency of 
3489 Hz; A full field of view displacement map (b) across the TM indicates a 408nm p-p maximum amplitude; An isometric 

view (c) of the 3D shape of the displacement map. 

Various acquisition techniques have been incorporated in the software to account for noise in the measurements in the system 
due to relative motion of the OH and the object of interest. The MOP and the PCPP have been equipped with various types of 
sensors to monitor the mechanical vibrations of the positioners. These signals are read into the control software and are used 
to synchronize the image acquisition with the mechanical disturbances of the system to minimize measurement noise. 

5. CONCLUSIONS AND FUTURE WORK 

The presented PCPP successfully proves the concept of non-actuated active positioner and it suggests that such control 
approach allows for easier implementation in existing medical environments than equivalent active positioners. 

The deployment and use of the MOP in clinical environment proves completely new grounds for the applications of 
holography and interferometry . The system allows for large versatility of measurements and a large amount of a completely 
new type and much richer information for the properties of the TM and the state of patients' hearing. It provides opportunity 
for a completely new set of ear examinations that will greatly improve the quality of the treatments and operations of the 
human ear. 

Future work is focused on optimization of the positioning system to maximize its stability as well as designing and 
implementing various acquisition techniques for minimizing measurement noise. Further stability optimizations are to be 
made using topology optimization methods [8] in order to minimize the weight to stiffness ratio of the MOP system. 
Another area of future work is the development of a suitable head restraining system for minimization of the relative motion 
of the head and the OH during measurements. Future research is also aimed at interferometric compensation [9] for heartbeat 
induced vibrations of the eardrum as well as identification of suitable methods for monitoring and compensation of the 
motion of a patient's head relative to the MOP. 
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ABSTRACT 

We are developing an advanced computer-controlled digital optoelectronic holographic system (DOEHS) with the ability to 
measure both shape and acoustically induced deformations of the tympanic membrane of several species, including humans. 

The DOEHS consists of laser delivery (LD), optical head (OH), and computing platform (CP) subsystems. The LD 
subsystem houses two tunable near-infrared laser sources, an acoustic modulator to enable stroboscopic illumination, and 
laser-to-fiber mechanisms to couple light into one single mode polarization maintaining fiber. The output of the LD 
subsystem is delivered into the OH subsystem through the polarized maintaining fiber (PM), which is arranged to perform 
imaging and measurements by phase- shifting lensless digital holography. A high-resolution digital camera, contained within 
the OH subsystem, is used for image recording at high-rates while the CP subsystem acquires and processes images in either 
time-averaged or double-exposure holographic modes. Shape measurements are performed by double-exposure mode with a 
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different laser source used in each one of the exposures whereas deformation measurements are obtained by using a single 
laser source. 

We present preliminary results of our investigations of acoustically induced motions on tympanic membrane and the transfer 
of these motions to the ossicular chain, including results on sample preparation for measurements with the DOEHS. 

Keywords: dual- wavelength lensless digital holography, shape and deformation measurements, tympanic membrane 



1. INTRODUCTION 

The tympanic membrane (TM) is the most peripheral structure in the middle ear and is the first ear structure set in motion by 
airbone sound [1]. Determination of the hearing loss caused by disease or trauma, which related with the sensitivity of motion, 
and the effect of the TM shape related with different age or sex are big concerns from doctors. In the previous work, digital 
optoelectronic holographic system (DOEHS) has been used to enable full field-of-view (FOV) measurement of the 
acoustically induced deformations of the tympanic membranes (TM) of chinchilla and human. However, limitations are also 
present: (1) the deformation information obtained from this system is only the relative deformation with respect to the 
reference and only along the optical axis, (2) no capability of shape measurement. 

We are developing an advanced computer-controlled digital optoelectronic holographic system (DOEHS), the dual- 
wavelength lensless DOEHS, with the capabilities to measure both shape and acoustically induced deformations of the 
tympanic membrane qualitatively and quantitatively in a full field-of-view and non-contact mode. In order to obtain 3D 
deformation information, conventional methods [2, 3, and 4] consist of multiple configurations including at least three 
observation or three illumination systems concurrently. The goal of this new version is that, by using only one illumination 
system and one observation system, we can calculate the deformation information based on surface normal vector in each 
point of the contouring. 

2. DESCRIPTION OF THE DUAL-WAVELENGTH DOEHC 

2.1 Experiment Arrangement 

Figures 1 and 2 depict the dual-wavelength DOEHS currently in development for high resolution shape and deformation full 
FOV measurements. The experiment setup mainly contains the laser delivery system and optical head system. In the laser 
delivery system, the coherent light sources are two tunable external cavity laser diodes (LD) with the operational wavelength 
from 780.04nm to 780.36nm for LDl and from 779.54nm to 779.86nm for LD2. The output light from LDl which is only 
utilized to the shape measurement is directly launched into a single mode polarized maintaining fiber (PM) and then 
connected with the optical switch (OS) used for switching optical signals. The output light from LD2 is first directed to the 
mirror (M) which changes the light angle by 90 degrees for alignment purposes. Then the light passes through the accousto- 
optical modulator (AOM) and joins into the fiber coupler assembly (FCA). The AOM is utilized in the stroboscopic mode of 
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the system for deformation measurements by synchronizing it with the camera signal. The FCA is comprised of a XI2 wave 
plate for maintaining the polarization direction, a focusing lens, and a fiber-optic aligner. After FCA, the light is directed 
through a single mode polarized maintaining fiber from the FCA to the optical switch (OS). 
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Fig. 1 Diagram of the set up for dual- wavelength DOEHS: LDD is the laser diode driver, LD is laser diode, M is the mirror, 
AOM is the accousto-optical modulator, FCA is the fiber coupler assembly, PM is the polarized maintaining fiber, OS is the 

optical switch, C is the collimator, Xll is the Xll wave plate, SFA is the spatial filter assembly, PBS is the polarizing 

beamsplitter cube, ?i/4 is the ?i/4 wave plate, PZT is the piezoelectric transducer, P is the polarizer, CCD is the CCD camera, 

SPS is the sound pressure system, OB is the object, and IP is the image and video processing computer. 

The optical head (OH) system arrangement is shown in Figure 2. This system is a Michelson configuration setup. The light 
coming from the OS is directed into a collimator (C), a XI2 wave plate and the spatial filter assembly (SFA). The function of 
the SFA is to filter high spatial frequencies of the beam and get a clean Gaussian beam profile. After the SFA, the light is 
directed through a polarized beamsplitter cube (PBS) which splits light into reference beam and object beam. The reference 
beam passes through a XI A wave plate and is directed to a mirror (M) connected with a piezoelectric transducer (PZT) that is 
controlled by the IP and used for application of phase-shifting algorithms. The object beam is directed through the XI A wave 
plate onto the object. The reflected object and reference beams are directed through the PBS again and combined at the 
surface of the CCD camera (CCD). Then the spatial intensity distributions recorded by the CCD are processed by the 
computer. 



202 




SFA 



Fig. 2 CAD model of the OH cage system. C is the colHmator, XI2 is the XI2 wave plate, SFA is the spatial filter assembly 

which contains OBJ, the objective, PH, the pinhole and C, PBS is the polarizing beamsplitter cube, ?i/4 is the ?i/4 wave plate, 

M is the mirror, PZT is the piezoelectric transducer, P is the polarizer, and CCD is the CCD camera. 

2.2 Shape measurement with the two-wavelength contouring technique 

In order to determine the shape of the object, a dual- wavelength holographic contouring technique [5] is applied by 
generating depth contours related with geometry of the object. This requires acquisitions of a set of amplitude and phase 
information at wavelength \ , considered as the reference or undeformed state, as well as acquisitions of a second set of 
amplitude and phase information at wavelength X2 , considered as the modified or deformed state. The phase difference [6] of 
the two sets of data, A^ , is given by 



A^ = ^2 ~ ^1 



A 



OPL 



(1) 



where (j)^ is the phase of the optical path length recorded at the first wavelength /l^ , ^2 i^ the phase of the optical path length 
recorded at the second wavelength X^ •> ^^^ ^^^ i^ the optical path difference defined as the distance from an illumination 
point to an object point and to an observation point. A is the synthetic wavelength given by 



A: 



^2 



The phase difference [7] related to depth contours A^ can also be represented by the fringe-locus function Q , 



(2) 
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Q(x, y, z) = 27rn(x, y, z) = [K2 (x, y, z) - Ki (x, y, z)] • L(x, y, z) = K(x, y, z) • L(x, y, z) 



(3) 



where n{x, y, z) is the fringe order at the (x, y, z) location of the image plane, K(x, y, z) is the sensitivity vector, Ki (x, y, z) 
is the propagation vector of light from a point source of illumination to a point on the object, K2(x, y, z) is the propagation 
vector of light from a point on the object to a point on the CCD sensor, and L(x, y) is the displacement vector. 

2.3 Deformation measurement in the stroboscopic mode 

Stroboscopic mode is used for deformation measurements of the TM at a controlled sound input. This mode gives 
information about the phase difference [8] (/) (x, y) which is related to the complex distribution phase of the reference and 
deformed states respectively, given by 



(/) (x, y) = arctan 



(22 (x, y)a^ (x, y) - a^ (x, y)a^ (x, y) 

^2 C-^' y)<^4 C-^' y) + ^1 C-^' y)^3 (^^ y) 



(4) 



where a^ (x, y) , ^2 (x, y) represent the real and imaginary part of the reference state, and a^^ (x, y) , a^ (x, y) represent the 
real and imaginary part of the deformed state. 



The out of plane displacement after image processing is a relative value with respect to the reference measurement. However, 
no displacement information along x and y axes from the processed image is obtained. In order to calculate these 
displacements, we need to first decompose the normal vector of the object surface based on the shape measurement shown in 
Figure 3. Then using the sensitivity vector K(x, y, z) , we can calculate the displacements along x and y axes [9]. 



Object surface 




Optical axis (Z) 



Deformation Y 



unknown A 



Deformation 
X unknown 



•> ^ Deformation 
known 



Fig. 3 Schematic drawing of the decomposition of normal vector along three axes. 



3. RESULTS 

3.1 Shape measurement 
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Fig. 4 Picture of the conical latex membrane model painted with holographic dust. The flat latex membrane was first clamped 
along the circular boundary of the hollow metal tube, and then was deformed by pushing with a rod at the center of the 

membrane. 
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Fig. 5 Shape measurement on conical latex membrane: (a) optical phase, (b) 3D plot of the real shape, and (c) 3D plot of the 

shape with normal vector. 
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Figures 4 and 5 represent the shape measurements on a conical shape latex membrane. The object boundary conditions were 
controlled by the following procedure: a piece of latex membrane was clamped on the circular boundary of the hollow metal 
tube. And then it was deformed to a conical shape similar to the shape of tympanic membrane by pushing with a rod at the 
center of the membrane. The position of the rod along the optical axis is precisely controlled by the micrometer. Finally the 
surface of the membrane was painted with the holographic dust in order to have better contrast. The diameter of the conical 
shaped membrane is 12.73mm, and the height is 5mm. 

3.2 Deformation measurement 
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Fig. 6 Configuration of the deformation measurement in MEEI: (a) diagram of the optical head (OH) and object 

configuration, and (b) real configuration. 
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Fig. 7 The deformation of the medial side of TM at phase 180 at the sound excitation of 1 KHz: (a) optical phase with 

location of umbo, and (b) perspective plot of the deformation. 
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The deformation measurement mode was tested in Massachusetts Ear and Eye Infirmary (MEEI) in Boston. The temporal 
bone was from the left ear of a 65 year old male without history of otologic disease. The incus, the extended facial recess, the 
roof of the epitympanum, the Eustachian tube and the jugular bulb were all drilled away to expose the medial side of the TM. 
In Figure 6, the OH illuminated the medial side of TM with the back surface of TM perpendicular to the beam. The sound 
and microphone coupler was placed in the lateral side of TM through the wall of ear canal. A glass sheet was used to seal the 
ear canal in order to isolate the SPS. The TM was painted with ZnO to increase the contrast and mounted with the dental 
cement onto a hollow metal tube. 

Figure 7 shows the deformation of the medial side of TM at phase 1 80 at the sound excitation of 1 KHz. The location of the 
umbo is shown in the first image. It is clear to see there are two peaks generated and the scale of the deformation is around 1 
micrometer. 

4. CONCLUSIONS AND FUTURE WORK 

In this study, we are developing the dual-wavelength lensless digital holography system to measure both the shape and 
acoustically induced deformation of TMs. The typical feathers: (1) it is a collimated con-axial system, and (2) 3D 
displacements are calculated base on the single axis deformation and shape measurement. However, further research need to 
be completed in the future, such as the validation, repeatability and error estimation of the system, and simplifying and 
packaging the system. 
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Abstract 

An inverse iterative finite element analysis procedure was developed to investigate mechanical properties of porcine articular 
cartilage under compression load. Specimen consists of articular cartilage and bone was cut from porcine femur for this study. 
The specimen was mounted on metal base plate and the compression tests were performed by using material test machine 
with flat compression plate. The ramp-hold compression tests with different ramping displacement rates and long-term 
compression test with very low displacement rate were performed on the specimens. The force and compression displacement 
as function of time were recorded. The profile of specimen was obtained from for generating the geometry model of 
specimen. The finite element model which consists of bone and cartilage parts was generated from the geometry model of 
specimen. In this study, bone and cartilage were considered as linear elastic material and hyperviscoelastic material 
respectively. The generalized pattern search method was used for the optimization process to find the long-term hyperelastic 
and viscoelastic parameters of cartilage by minimize the experimental loading forces and the reaction forces computed form 
finite element analysis. The results shows 2^^ order reduce polynomial hyperelastic model with two viscoelastic time 
constants can well describe the mechanical response of articular cartilage and bone specimen under flat plate compression. 

Introduction 

The articular cartilage plays important roles in the biomechanics of knee. The functionality of the articular cartilage and its 
tasks in biomechanics of knee such as lubrication and load transmission has been broadly discussed to better recognize 
traumatic and pathologic processes [1-3]. Furthermore, the studies about the effect of stresses and strains on articular 
cartilage reveal that the biomechanical properties of articular cartilage are anisotropic, inhomogeneous and time dependent. 
There are different categories of constitutive models such as poroelastic [4-5], viscoelastic [6-8], biphasic [9-10] or 
poro viscoelastic [11-12] models developed for articular cartilage. However, the use of many sophisticated constitutive 
equations of articular cartilage are limited due to they are computational expensive or difficult to be implemented into 
numerical tools such as finite element program. Besides, due to the limited size and non-uniform shape, it is not easy to 
obtain articular cartilage specimens with well defined simple geometry for standard mechanical tests. In this study, the hybrid 
experimental and numerical analysis was developed to investigate mechanical properties of porcine articular cartilage under 
compression. Inverse iterative finite element analysis procedure was used to obtain the material parameters of articular 
cartilage which are suitable for finite element study of knee biomechanics. 

Material and method 

The hyperviscoelastic model was used to describe the time dependent mechanical properties of porcine articular cartilage. 
The polynomial strain energy function of the hyperviscoelastic model can be written as following: 



»''\'lt Qofi-ift(i-^-"-""*) 



V k=\ 



d 
X 

dr 



(^1-3/(^,-3/ 



>dT. (1) 
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where g"^ and r^ are relaxation coefficients and characteristic times respectively, A^^ is the order of polynominal in strain 
invariants, J^, J 2 are strain invariants, C^.^^ S are the instantaneous hyperelastic parameters. The least square fit method 

was used to obtain parameters of hyperviscoelastic constitutive model for describing mechanical properties of porcine 
articular cartilage under compression load. Second order reduce polynomial form were used for the energy function and 
cartilage were assumed to be non-compressible material. Two time-dependent terms were used and the two time constants 

were chosen ( r^ = 5 sec , Tj =50 sec ). These assumptions left Qq , C^^ , gj and §2 ^o be determined by least square 

fit method. In the study, bone was considered as linear elastic material. The elastic modulus Poisson's ratio of bone was 
assumed to be constant. The hyperviscoelastic material parameters of articular cartilage were determined by using 
optimization-based inverse iterative finite element analysis procedure [13]. The generalized pattern search method [14-16] 
was used for the optimization process. The finite element analyses were performed by using ABAQUS^^ and the iteration 
loop were performed in MATLAB^^. 

The specimen, cut from medial condyle portion of femur, used for current study is shown in Fig. 1. The thickness of 
specimen is 4mm and the specimen was cut from the location where the curvature of specimen in the thickness direction can 
be minimized so that 2D FE simulation can be used to approximate the specimen under flat plate compression. 




(a) (b) 

Figure 1 : Specimen used for flat plate compression test 

In order to obtain the viscoelastic and long-term hyperelastic prameters of constitutive model, ramp-hold compression tests 
and low speed continuous compression test were performed on the specimen. The displacement rates used for ramp-hold 
compression tests are 0.1 and 0.01 mm/sec and the total compression displacement is 0.1mm. The displacement rate used 
for low speed continuous compression test is 0.0001 mm/sec. The force response under low speed continuous compression 
was assumed to be solely come from the long-term response of hyperviscoelastic constitutive model. The specimen under flat 
plate compression test and the corresponding finite element model are shown in Fig. 2. 





(a) (b) 

Figure 2: Specimen under flat plate compression test and the corresponding finite element model 
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The hyperviscoelastic material parameters of cartilage were determined in two steps. Firstly, the long-term hyperelastic 
parameters were determined by minimizing the squared error between the simulated and experimental compression forces of 
long-term equilibrium force-displacement curve under long-term flat plate compression test. Secondly, the time dependent 
parameters were determined by minimizing the squared error between the simulated and experimental forces of ramp-hold 
compression with different compression rates. 

Results and discussion 

The fitted parameters Qq^ and C2q^ for long-term second order reduce polynomial hyperelastic model are 0.0673 MPa 

and -0.0181 MPa respectively, and the corresponding force-displacement curves of specimens under low speed continuous 
flat plate compression are shown in Fig. 3a. 

The fitted parameters g^ and §2 ^^^ time-dependent terms fitted from the ramp-hold compression experimental 

force-displacement curves are 0.55 and 0.4 respectively, and the corresponding force-time curves of specimens under 
ramp-hold compression with 0.01 and 0.1 mm/sec displacement rates are shown in Fig. 3b,c respectively. 
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Figure 



3 : (a) Force-displacement curves of specimens under low speed continuous flat plate compression. (b)(c) force-time 
curves of specimens under ramp-hold compression with 0.01 and 0.1 mm/sec displacement rates 



In this study, we used hybrid experimental and numerical analysis to identify material parameters of articular cartilage under 
slow and moderate compression rates. The constitutive model can be directly used with finite element software to investigate 
biomechanics of knee joint. 
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Abstract 

Tendon functionality depends on its mechanical properties. Therefore, a tendon's mechanical properties are essential to 
define and understand its normal and damaged states. In this study, we characterized porcine digital fiexor tendons via stress 
relaxation and cyclic testing prior to and following overstretch damage. Overstretch damage was induced by pulling tendons 
to 6.5, 9.0, or 13.0% strain. Both elastic and viscoelastic parameters were measured pre- and post-damage for comparison. 
Elastic parameters such as the maximum stress reached during relaxation and peak stress during cyclic testing decreased 
following damage and viscoelastic parameters such as stress reduction during relaxation and decrease in peak stress from the 
first to last cycle during cyclic testing also decreased following damage. Therefore, sub-failure damage induced by 
overstretching tendons changes both the elastic and viscoelastic properties, and these changes are more pronounced as the 
damage level increases. 

Introduction 

Tendons function to move joints, absorb impacts to protect muscle, and store energy during loading to facilitate movement. 
Because these functions are dictated by their mechanical properties, a robust characterization of tendon's mechanical 
properties provides great insight into physiological behaviors. Compositionally, these properties are largely a function of 
their main structural component collagen, as well as other constituents of the extracellular matrix including proteoglycans, 
glycoproteins, and water. Properties are also a function of the micro structural organization of these components. Tendon 
collagen consists mainly of type I collagen fibers which are predominantly oriented parallel to the direction of load, or the 
long axis of the tendon [1; 2]. The viscoelastic, or time -dependent, properties of the collagen fibers, as well as their 
interaction with the other constituents of the extracellular matrix, lead to tendons exhibiting viscoelastic behavior. Thus, it is 
important to analyze both elastic and viscoelastic properties to more completely understand tendon mechanical function. 

Tendons with sub-failure damage have different biomechanical behavior than normal tissues. These differences include both 
elastic and viscoelastic changes; for example, damage can lead to a drop in load for a given strain [3; 4]. Also, Perry et al 
(2009) found changes in the supraspinatus tendon following rotator cuff injury were quantifiable in viscoelastic but not 
elastic properties, highlighting the importance of including viscoelastic characterization in damage studies [5]. "Damage" in 
this study was characterized as changes in the micro structure of tendon that leads to reduction in the mechanical strength [3; 
4], and caused by prolonged cyclic loading or the application of stress and strain states that exceed the tendon's elastic limit 
[6]. The healing response to this damage could limit movement of the joint, potentially resulting in tearing of the tendon, 
insertion sites, or even muscle under normal movement conditions. Conversely, increased laxity from overstretch could allow 
hypermobility of the joint or require altered muscle contraction to facilitate movement, potentially resulting in damage of 
surrounding tissue. When considering the time -dependent nature of these tissues, changes in viscoelastic properties could 
result in differences in how the tendon copes with instantaneous or prolonged loading scenarios. Even subtle differences in 
tendon mechanical behavior can lead to accumulation of damage in the tendon and the surrounding tissues, which can 
eventually lead to catastrophic failure or chronic degeneration of the joint. 

In this study we set out to examine the effects of damage on elastic and viscoelastic behavior of tendon by subjecting tendons 
to cyclic and stress relaxation testing prior to and following overstretch damage. The overall goal was to examine which 
viscoelastic and elastic mechanical parameters undergo changes following sub-failure damage induced by overstretching the 
tendon, and the extent to which these changes were affected by amount of overstretch strain. 

Materials and Methods 

Thirty digital fiexor tendons were dissected from porcine lower limbs; all muscle and extraneous tissue was removed with the 
bony insertion left intact at the distal end of the tendons. Bony ends were potted in lightweight polyester resin filler, with care 
taken to ensure tendon tissue was not encased in the filler, inside a mold with the same dimensions as the testing grip to 
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ensure a tight fit with no movement. Unloaded area was measured by assuming an elliptical shape. Long and short axis 
measurements were taken at three points along the specimen with a digital caliper and averaged. Specimens were kept 
hydrated with physiologic buffered saline throughout the dissection and preparation process. 

All mechanical testing was executed using a servohydraulic mechanical test system (Bionix 858; MTS, Minneapolis, 
Minnesota). Tendons were loaded into one soft-tissue grip (muscle end) capable of holding dry ice (freezing assists in 
gripping) and one bone grip (potted bone end) in the test frame (see Fig 1). Displacement was controlled by the 
servohydraulic system and load was measured via a 10001b load cell (Honeywell, Morristown, New Jersey). Data were 
captured on a PC equipped with Labtech Notebook (Laboratory Technology Corporation, Fort Collins, Colorado). 
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Figure 1. Schematic view of a) bone and b) soft tissue grips. The potted bone fits snugly in the bone grip while the muscle 
end of the tendon is gripped by the rough surface of the soft tissue grip; gripping is assisted by freezing with dry ice. 

Once specimens were mounted in the mechanical test frame, a preload of IN was applied to remove slack in the tendon. The 
preload was applied slowly such that the tendons effectively remained at equilibrium, rather than rapid application which 
would result in substantial relaxation from the IN preload. Initial tendon length, Lq, was measured for strain calculations. 
Following the preload, tendons were preconditioned using a sinusoidal wave (0 to 2% strain) at 0.5Hz for 20s. A rest period 
of 1 000s was granted prior to further mechanical testing. 

Stress relaxation (step strain input held for 100s) and cyclic testing (sinusoidal strain input at 0.5Hz for 20s) to 4% strain 
were performed on tendons. The rise time for the nominal step stretch input was 40ms. Two relaxation and two cyclic tests 
were performed with 1000s of rest between tests. Following the completion of these four tests, tendons were damaged via an 
overstretch pull (ramp to final strain in Is) to one of three subfailure damage strains. Maximum strains of 5-6% [7; 8] were 
reported in the literature during normal movement, and strains of approximately 15-20% [9; 10] were reported at tendon 
failure. Therefore the strains of 6.5% (n=10), 9.0%) (n=10), or 13%) (n=10) strain were chosen to fall outside the range of 
normal movement yet below the failure strain. Tendons were allowed to rest for 1000s prior to repeating stress relaxation and 
cyclic testing. 

Force data acquired by the servohydraulic system during stress relaxation testing were used to calculate stress data (by 
dividing by cross-sectional area), a(t). Stress data were then used to calculate the maximum stress reached during stress 
relaxation (Fig 2a), Omax? as well as the reduction in stress during relaxation (Fig 2a), Gdecay? both prior to and following 
damage. The maximum stress was measured at a time 0.1s on the time scale (the zero point taken halfway through the rise 
time), or 2.5tr (where tr is the rise time) as suggested by Lakes [11]. Force data acquired during cyclic testing were also used 
to calculate stress data, and grip-to-grip displacement data were used to calculate strain as a function of time (by dividing 
grip-to-grip displacement by initial length), such that stress-strain curves could be generated prior to and following damage. 
Stress data were then used to calculate the peak stress reached during cyclic testing (Fig 2b), Gpeak, as well as the decrease in 
peak stress from the first to last cycle (Fig 2b), Gdecrease, prior to and following damage. Post- to pre-damage ratios were then 
calculated for each parameter. 

Post- to pre-damage ratios of parameters following overstretch to 6.5, 9, and 13%) strain were compared using a repeated 
measures ANOVA. Statistical significance set at p = 0.01. 



215 



a. 



b. 



Stress Relaxation Parameters 




Cyclic Testing Parameters 




40 60 80 100 A E .« 

Time [sec] Time [sec] 

Figure2. Mechanical testing parameters for a) stress relaxation testing (Omax, Odecay) and b) cyclic testing (Opeak, Odecrease) 



Results 

Diffuse damage caused by overstretch lead to an increased laxity, indicated by a reduced stress at a given strain level and 
marked by a rightward shift in the stress -strain curve (Fig 3 a). This softening was also manifested by reduced stresses during 
cyclic testing (Fig 3b) and relaxation testing (Fig 3c). 



a. 



Stress-Strain Curves 
pre- and posudamsge putt 







15 2 25 

strain [%] 






Cyclic Testing 
pre- and post-damage puff 




10 

time [sec] 



Figure 3. Representative pre- and post-damage data for 
a) stress-strain curves, b) cyclic testing, and c) stress 
relaxation testing from a specimen subjected to an 
overstretch of 9% strain. 
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The elastic parameters a^ax (maximum stress reached during relaxation) and apeak (peak stress reached during cyclic testing) 
decreased following damage (Fig 4a). The post-damage to pre-damage ratios (mean +/- standard deviation) of a^ax following 
overstretch to 6.5, 9, and 13% strain were 0.66+/- 0.08, 0.43 +/- 0.10, and 0.14 +/- 0.07, respectively, and each overstretch 
level was significantly different than the others (p=0.0031). Likewise, the post- to pre-damage ratios of apeak following 6.5, 9, 
and 13% strain were 0.56+/- 0.09, 0.34 +/- 0.10, and 0.12 +/- 0.05, respectively, and each overstretch level was significantly 
different than the others (p=0.0039). 

The viscoelastic parameters adecay (reduction in stress during 1 00s of stress relaxation) and adecrease (decrease in peak stress 
from cycle 1 to cycle 10) also decreased following damage (Fig 4b). The post-damage to pre-damage ratios (mean +/- 
standard deviation) of adecay following overstretch to 6.5, 9, and 13%) strain were 0.64 +/- 0.10, 0.41+/- 0.10, and 0.14 +/- 
0.09, respectively. Each overstretch strain level was significantly different than the others (p=0.0037). The post- to pre- 
damage ratios of adecrease following 6.5, 9, and 13%) strain were 0.23 +/- 0.07, 0.15 +/- 0.05, and 0.04 +/- 0.02, respectively. 
Again, each overstretch level was statistically distinct (p=0.0094). 
a. b. 



Elastic Parameters 

Post-damage to Pre-damage Ratios 



a 
g> 0,8 

■? 06 

Q. 
O 

<I> 04 

E 

<n 
O 



fonowtng pull to 6. 5% strain 
foitowing pal! to 9% strain 
foliowing puH to 13% strwn 



r 




Viscoelastic Parameters 

Post-damage to Pre-damage Ratios 



o 

la 



m 08 



0.6 



T3 

i 

a> 

Urn 

O 

0) 04 

ni 

CO 

E 

V 0.2 
m 



□ following puH to 6. 5% strain 

■ foitowing pull to 9% strain 

■ foliowing pull to 13% strain 



(relaxation) 



peak 
(cyclic) 





decay 
(1S-100S) 



decrease 
(cycle 1 -cycle 10) 



Figure 4. Post-damage to pre-damage ratios of a) elastic and b) viscoelastic parameters calculated from stress relaxation 
and cyclic testing data. Error bars indicate one standard deviation. The post- to pre-damage ratio gets smaller, and iience 
the effect of damage gets larger, as the strain during the overstretch pull gets larger. 

Discussion 

Though simple in appearance, tendons are intricate natural composite materials with complex mechanical properties. 
Analysis of their mechanical behavior describes their functional state, and knowledge of how their mechanical behavior is 
altered following damage is important for understanding mechanical function, quantifying compromise with subfailure 
damage, and benchmarking normal functional behaviors to evaluate the efficacy of injury treatments. Understanding the 
changes in laxity experienced by the tendon post-damage better help us understand how the muscle must compensate, as well 
as anticipate the potential for abnormal joint movement. 

In this study, we found that the elastic parameters apeak and a^ax were decreased following overstretch damage. This indicates 
that the tendon has less resistance to motion after it has sustained subfailure damage. Normal tendon has a strain-stiffening 
stress-strain curve, which leads to greater resistance to deformation as strain in the tendon increases; this behavior allows 
tendons and ligaments to resist excessive movement of the joint and more efficient movement transfer from muscle to bone. 
Increased laxity due to subfailure damage therefore reduces the tendon's ability to resist excessive movement, which has the 
potential to cause increased damage, even ultimate failure, with time. 



We also found that the viscoelastic parameters adecay and adecrease were decreased following overstretch damage. This means 
that the time-dependent properties have been altered, thus affecting the tendons' ability to adapt to loading situations over 
time. This also indicates that the tendon's ability to absorb energy, store energy, and return energy to the system has been 
significantly altered. Functional implications of this are substantial. From a micro structural and molecular perspective, 
alterations in viscoelastic properties indicate changes in the interactions between the components within the tendon. 
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The amount that each of these parameters was decreased was dependent on the strain during the overstretch damage, 
indicating that not only is it possible to vary the amount of diffuse damage in a tendon by varying the strain used to create it, 
but also that the mechanical properties of the tendon can be indicative of the level of damage in the tendon. This implies that 
it may be possible to correlate mechanical parameters, both viscoelastic and elastic, to the damage state of the tissue. In this 
manner, it would be possible to diagnose diffuse damage in the tissue while it is still intact and predict risk of additional 
injury with continued function. With the increasing popularity and capabilities of noninvasive force measurements, there is 
potential for measurement of diffuse damage in vivo, which is currently not possible using imaging modalities such as 
conventional MRI or ultrasound (unlike a focal defect damage, which is readily visualized by such technologies). 

We therefore conclude that subfailure diffuse damage induced by deforming the tendons to strains outside of their normal 
activity (but less than their failure strain) affects both the elastic and viscoelastic parameters. Both elastic and viscoelastic 
parameters, obtained during stress relaxation and cyclic testing, were significantly decreased following damage. Furthermore, 
these effects become more pronounced as the strain during the overstretch pull increases. By performing these controlled 
damage experiments in vitro, we can develop a better understanding of tendon mechanics and better anticipate the sequelae of 
such events in vivo. 
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ABSTRACT 

Sickle cell disease is a genetic disorder most commonly found in people of African descent and it is caused by the presence of 
abnormal hemoglobin S (HbS) in the patient's red blood cells (RBCs). In the deoxygenated state, the defective hemoglobin 
tetramers polymerize forming stiff fibers which distort the cell and change its biomechanical properties. Because the HbS 
fibers play a vital role in the formation of the sickle-shaped RBC, the material properties and biomechanical behaviors of 
polymerized HbS fibers is a subject of intense research interest. Here, we introduce a solvent-free coarse-grain molecular 
dynamics (CGMD) model to simulate a single hemoglobin fiber as a chain of coarse-grained particles. A finitely extensible 
nonlinear elastic (FENE) potential is applied between consecutive particles. Meanwhile, a FENE-type bending potential is 
employed to model the bending resistance of HbS fibers. The parameters of the potentials are identified via comparison 
between the simulation results and the experimentally measured values of bending rigidity of single HbS fibers. The 
Langevin thermostat is employed to control the system temperature. This model will greatly facilitate future studies on the 
HbS polymerization, fiber bundle and gel formation as well as the interaction of between the HbS fiber bundles and the RBC 
membrane. In addition, the model can be easily adapted to study other filamentous protein assembles. 

Key words: Elastic properties, zippering mechanisms. Van der Waals and depletion forces, HbS fiber model, Langevin 
thermostat. 

1. Introduction 

Hemoglobin in RBCs mediates the transfer of oxygen from the lungs to tissues. The erythrocytes in patients suffering from 
sickle cell disease contain, instead of normal adult hemoglobin (HbA), the defective hemoglobin S (HbS) in which a charged 
surface group glu at p6 is replaced by a hydrophobic group val inducing polymerization of deoxygenated HbS at high enough 
concentrations [1-2]. The polymerized hemoglobin molecules inside RBC form fibers and gel, which result in distortion of 
RBCs to irregular shapes as well as decrease deformability and increase viscosity. Because of increased stiffness and cell 
adherence to the endothelium, the circulation of sickle cells through the body's narrow blood vessels, such as arterioles, 
venules, and capillaries, is often obstructed resulting in infarctions and organ damage [3]. 
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Figure 1 (Color online) (a) Top view of the HbS fiber model, (b) Side view of the HbS fiber model, (c) Bending angle 
measured from the HbS fiber model 

Since the distortion and rigidification of abnormal RBC are caused by the formation of HbS fibers and fiber domains, the 
properties of the HbS fiber have been extensively studied experimentally in the past two decades. The bending and torsional 
rigidities of approximately 1 |im long single HbS fibers were obtained by cryo-electron microscopy [4-5]. The measurements 
showed that the bending rigidity of a single HbS fiber is approximately k = 5.2x10"^^ N m^, which is consistent with the value 
measured in the previous study [6], whereas the torsional rigidity is approximately 6x10'^^ J m [5]. Meanwhile, different 
types of fiber cross-links can be found in gel and the process of fibers zippering, such as X-shaped cross-links and Y-shaped 
cross-links. Afterwards, theoretical models were developed to estimate the attractive binding energy between two zippered 
HbS fibers, which turned out to be w = 7.2 ksT |im'^ with a corresponding characteristic length /^ = ksT/u ~ 140 nm [7]. It is 
significantly smaller than the persistence length of a single fiber, indicating that single HbS fibers are very unlikely to 
spontaneously separate due to thermal vibrations. 

Previous research on the HbS fibers was mainly based on theoretical method and experimental observations, with only 
limited literatures studying HbS fibers through molecular dynamics, which investigated the contact points of the double 
strands when formatting HbS fibers and in general the crystal structure of HbS [8-9]. A coarse-grain (CG) model of a single 
HbS fiber is introduced in this work. The parameterization scheme for the CG potentials employed in this study fits this CG 
fiber model to the experimentally measured bending rigidities of HbS fibers[5-6]. 

2. Model and method 

In the paper, a 2 |im long HbS fiber with diameter of 20 nm is coarse-grained into one chain of 100 soft particles, as shown in 
Fig. la and Fig. lb. The diameter of each particle, do, is 20 nm and the distance between the centers of neighboring particles 
is also 20 nm. The translational motion of the particles are governed by the Langevin equation [10] 

' dt' ' dt 
where m, represents the mass of the ith particle, / stands for the friction coefficient and it is identified to be 100 mjts, 
where fj is the time unit. r;is the position vector of the ith particle, and t is time. Ft = — dU/dri is the deterministic force 
produced by the implemented total potential U. Fi^ signifies Gaussian white noise from the environment and it obeys the 
fluctuation-dissipation theorem [11-12] 

'f,') = 0, (2) 

pBpB^ JkJfS^j ^ (3) 



m,-^ = F,-/-^ + F,^ (1) 
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where /:5is the Boltzmann's constant, Tis the absolute environmental temperature, Syis the Kronecker delta, and At is the 
time-step. The friction coefficient, /, is selected to maintain the environmental temperature at 300 K. The time step for the 
numerical solution of the Langevin equation is chosen to be A^ = 0.001^^. 

In the simulations, the energy unit is sAbT = 1. It is known that the molecular weight of each hemoglobin tetramer is 
approximately 68,000 Da, thus each coarse-grained particle possesses a mass of about mt ~ 1.58032xlO"^^kg. The time scale 



of the simulation can be calculated to be t^ =(mia Is) 
[13]. 
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Figure 2 (Color online) The finitely extendable nonlinear elastic (FENE) potential and the corresponding harmonic 
potential in the HbS fiber model 

A finitely extendable nonlinear elastic (FENE) potential (see Fig. 2) is introduced between adjacent particles that belong to 
the same chain (e.g., A and B in Fig. lb). FENE potential is harmonic at its minimum but the bonds cannot be stretched 
beyond a maximum length. The FENE potential is expressed as 



1 d-. - dr. . 
f/,=--/^,A^_ln[l-(^-^)^] 

2 A<i__ 



(4) 



where K^ is a parameter related to the constant K^p = KJM,nax of the harmonic potential which has the same stiffness with the 
FENE potential at equilibrium, dij and do are the distance and equilibrium distance between particles / and j, respectively. 
The bonds between two particles cannot be stretched more than Ad^ax- 1^ these simulations, the maximum extension 
allowed between two particles is set to be Ad^^x — 0-3 d^. It can be showed that show that the value of K^ that relates the 
Young's modulus E which is consistent with the bending rigidity of the HbS fiber, is approximately K^ = KspAd-yy^ax = 
28800 s/do . 



Bending rigidity of the HbS fiber is described by a bending FENE potential 

^.=-^^.A^_ln[l-(^)^] 



(5) 



where K^, is the parameter that directly regulates the bending stiffness of the hemoglobin fiber, and 6 is the angle formed 
by three consecutive particles in the same chain, as illustrated in Fig. Ic. 6q is the equilibrium angle and it is chosen to be n, 
meaning that the three consecutive particles are initially located in-line. A6.^ax is the maximum allowed bending angle 
between two particles and is set to be 0.3 6q. Kj^ is selected via a trial and error process in order to produce a bending 
rigidity identical to the experimental value and it is determined to he Kj^ = S x 10^ s. 
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The numerical method employed for the integration of equation (1) is a modified version of the leapfrog algorithm and it is 
similar to the approach that was employed for the modification of the velocity- Verlet algorithm used in [14]. 



3. Results and discussion 

3.1 Measurements of bending rigidity of HbS fiber 

First, we measure the bending rigidity /c, of the fiber model and prove that by tuning the parameters Kj^, the model 
reproduced the experimental values of the bending rigidity of a HbS fiber [5]. In the measurements, one end of the HbS fiber 
is fixed and it is used as the reference point for the central axis of the fiber. The bending moduli of semi-flexible fibers can be 
derived from thermally driven fluctuations [15]. A method of measuring bending rigidity of HbS fibers under thermal 
fluctuation is introduced by [5-6, 16], which relates the normal deviation of the fiber middle point to its original position with 
fiber bending rigidity as the stiffer fibers have less fluctuations than softer ones. A similar method is adopted by [7, 17], but 
they measured the fluctuations at the end of the HbS fibers 

KTL' 



iSu{Lf 



3k 



and the bending rigidity of the HbS fiber is calculated from the equation 



a: = 



kJU 



3{Su{Lf 



(6) 



(7) 



where L is the total length of the HbS fiber and 5u{L) is the normal deviation of the fiber end and it is equal to 5u{L) = 
u(L) — {u(L)). {u(L)) is the mean position of the fiber end. Once the bending rigidity is obtained, the persistence length can 
be easily calculated by the expression 
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Figure 3 (Color online) Measurements of the bending rigidity of the HbS fiber model. The red dot line highlights the 
mean value of measured k and it corresponds to 5.3x10'^^ N m^ 



The measured bending rigidity of HbS fiber with respect to time is plotted in Fig. 3. The measured averaged bending rigidity 
is in agreement with the experimentally measured value k = 5.2x10"^^ N m^ and it corresponds to a persistence length of 
approximately Ip = 121 |im [5]. Due to the large persistence length, the numerical results show that a single HbS fiber 
subjected to thermal forces behaves similarly to a stiff rod as it fluctuates about its central axis (see Fig. 4). 
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Figure 4 (Color online) Characteristic configuration of the HbS fiber model. 

4. Conclusions 

In this paper, we model single HbS fibers using one chain of particles and the hexagonally shaped cross-section of the HbS 
fiber is coarse grained into one particle. The motions of all the particles are governed by the Langevin equation. In order to 
simulate the thermal behaviors of HbS fibers, two interaction potentials are applied between the particles, namely a FENE 
potential and a bending potential. By employing these potentials, the proposed model is able to derive the experimentally 
measured bending rigidity of a single HbS fiber. The developed model will greatly facilitate the future study on the HbS 
polymerization, fiber bundle and gel formation as well as the interaction of between the HbS fiber bundles and the RBC 
membrane. 
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